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Kvantitative Doppler-metoder i blodstrømsavbildning 
 
Måling av blodhastigheter med ultralyd kan si noe om tilstedeværelse og utvikling av enkelte 
hjerte- og karsykdommer. Både forkalkninger i blodårene og lekkasjer i hjerteklaffene kan 
oppdages ved hjelp av slike hastighetsmålinger, og ved tidlig diagnostisering kan pasienten 
få riktig oppfølging og risikoen for dødsfall reduseres betydelig. 
Hastighetsmålinger kan gjøres ved å sende korte ultralydpulser inn i kroppen. Ved å 
gjøre en frekvensanalyse av de reflekterte pulsene kan man lage et hastighetsspekter, som 
viser blodhastighetene som funksjon av tid. Et slikt spekter vil ha en nøyaktighet som er 
bestemt av avbildningstiden av et gitt blodvolum – lengre avbildningstid gir større 
nøyaktighet. Ved høye hastigheter og/eller stor vinkel mellom ultralydstrålen og 
blodstrømmen, vil man derfor få en redusert nøyaktighet. 
Vi har utviklet en ny spektraldopplermetode som vi har kalt ”2-D tracking Doppler”. 
Denne metoden tar i bruk ufokuserte lydbølger, samt en teknikk kalt parallell stråleforming. 
Ved å bruke den nye metoden kan man følge blodet i den retningen det beveger seg, noe 
som gir lengre avbildningstid for et gitt blodvolum, og dermed større nøyaktighet i 
hastighetsspekteret. I denne avhandlingen presenterer vi resultater fra flere typer forsøk 
som viser at når vinkelen mellom ultralydstrålen og blodstrømmen er stor, får man mer 
nøyaktige hastighetsmålinger med 2-D tracking Doppler-metoden, enn med en tradisjonell 
metode. 
Vinkelen mellom ultralydstrålen og blodhastighetsretningen må bestemmes for å få 
korrekte hastigheter. Dette gjør man vanligvis manuelt ved å studere ultralydbildet, noe som 
kan være utfordrende ved komplekse strømningsfelt. Med 2-D tracking Doppler-metoden vil 
man få et bredere hastighetsspekter hvis man velger feil vinkel. Vi viser at denne 
egenskapen ved metoden kan brukes til å finne vinkelen automatisk, og med større 
nøyaktighet enn med den tradisjonelle metoden.  
Vi har også utviklet en metode for å beregne størrelsen på hjertelekkasjer ved å 
kombinere spektraldoppler med parallell stråleforming. Hjertelekkasjer består som regel av 
en strøm av blod med svært høye hastigheter. Ved å estimere hastighetene til blodet i 
mange punkter ved lekkasjen kan man derfor få informasjon om hvor stor lekkasjen er. Vi 
har gjort en simuleringsstudie for å finne det optimale oppsettet for metoden, og vi viser at 
med dette oppsettet ser det ut til at man kan estimere både blodstrømsvolumet til lekkasjen 
og omfanget av den svært nøyaktig. 
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Ultrasound imaging of blood ﬂow in the heart and blood vessels has become an essential
part of diagnosing diseases related to the circulatory system. By using diﬀerent
Doppler methods, the blood ﬂow may be visualized or quantiﬁed. In this work we
take advantage of the opportunities given by the introduction of parallel processing of
ultrasound data to develop new quantitative Doppler methods.
Pulsed wave (PW) Doppler is a technique for measuring blood velocities, providing
the full velocity spectrum in a speciﬁc region of interest. The maximum velocities
may be found by delineation of the spectral envelope, and may be used to estimate
the severity of stenoses or valve leakages. However, PW Doppler suﬀers from
several challenges, which makes quantitative analysis problematic. To limit spectral
broadening, we created a new method called 2-D tracking Doppler, which incorporates
information from several parallel receive beams. Spectra with improved resolution and
signal-to-noise ratio were produced for a large span of beam-to-ﬂow angles. The new
method was tested using in vitro and in vivo recordings. A signal model was derived
and the expected Doppler power spectra were calculated, showing good agreement
with experimental data.
Experiments were performed to investigate how the 2-D tracking Doppler method
depends on the tracking angle. It was shown that the spectra have lowest bandwidth
and maximum power when the tracking angle is equal to the beam-to-ﬂow angle.
This may facilitate new techniques for velocity calibration. It was shown that the
velocity calibration errors may be lower for the 2-D tracking Doppler method than for
a conventional PW Doppler approach, and especially for large beam-to-ﬂow angles.
In heart disease, the quantiﬁcation of valve regurgitation is a remaining challenge.
In this thesis, we have investigated a new technique to estimate the size of regurgitant
jets using spectral Doppler and parallel beamforming. A modality that uses high
pulse repetition frequency 3-D Doppler was devised, to isolate the backscattered signal
power from the vena contracta, that is the narrowest ﬂow region of a regurgitant jet.
A simulation study was performed to test and optimize the new method, suggesting
a feasible setup for the transmit- and receive beams. Cross-sectional power Doppler
images of simulated regurgitations of various sizes were generated, and the regurgitant
volumes were accurately estimated. Since the velocity-time integral and the oriﬁce area
are extracted from a single recording, the proposed method may give more robust
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Ultrasound imaging is a technique with many advantages; it is real-time, non-invasive,
relatively cheap, highly available, and without harmful eﬀects. Among the diﬀerent
possible image types, the well-known B-mode image displays a two-dimensional cross-
section of the tissue being imaged, while the Doppler images can visualize the blood
ﬂow. In addition to imaging, ultrasound can be used for quantitative measurements,
such as elastography and ﬂow estimation.
It was in the late 50’s that Satomura in Japan found that it was possible to measure
heart movement using the shift in frequency of backscattered ultrasound [1], a wave
eﬀect proposed by Doppler about a hundred years earlier. The method was soon
adapted to blood velocity measurements [2, 3], and researchers in Trondheim were
among the ﬁrst to utilize it. In the 1970s, Rune Aaslid and Jarle Hoen found that it was
possible to non-invasively measure pressure drops across heart valves, by extracting
the Doppler shift and applying a simpliﬁed solution to the Bernoulli equation [4]. A
pulsed echo Doppler ﬂow velocity meter (PEDOF) [5], invented by Bjørn Angelsen,
had an integrated system of both pulsed wave and continuous wave Doppler, and was
soon applied in the clinics by cardiologist Liv Hatle [6, 7].
One of the most frequently used quantitative measurements in clinical Doppler
ultrasound today is to measure the maximum blood velocities. In the heart, estimates
of peak velocity are used to derive the pressure gradient across a cardiac valve using
the modiﬁed Bernoulli equation [8]. In arteries, increased velocities occur in the region
of a stenosis, and the degree of stenosis may be derived directly from the maximum
velocity [9]. At valve leakages, the signiﬁcance of the regurgitation is determined from
the regurgitant volume, which can be estimated from the maximum velocities and the
oriﬁce area [10].
Maximum velocities can be estimated by delineating the envelope of velocity
spectra, produced by either continuous wave Doppler (CW) or pulsed wave Doppler
(PW). When using CW Doppler, a continuous wave of ultrasound is sent into the
body, in distinction to PW Doppler where short pulses of ultrasound are used. This
means that for CW Doppler, there is no limit on the maximum velocities that can
be measured, but there is no depth resolution. For PW Doppler, however, the
measurement location is deﬁned, but the maximum velocities that can be measured
are limited by the pulse repetition frequency (PRF).
A band of velocities are usually displayed in the spectra, representing the blood
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velocities present in the insoniﬁed volume. However, the spectra may broaden
additionally because of the transit time eﬀect. The transit time is the eﬀective
observation time of the blood scatterers in the received signal. For PW Doppler the
insoniﬁed volume is limited by the beam width and the pulse length. The scatterers
pass through the insoniﬁed volume during a short time interval, limiting the achievable
velocity resolution. This is particular challenging when the beam-to-ﬂow angle is large
or when high-velocity jets are present, e.g., in stenotic regions. Spectrum broadening
leads to overestimation of the maximum velocities, which may decrease diagnostic
conﬁdence and makes quantitative analysis more challenging and less reproducible.
A method for generating velocity spectra with reduced spectral broadening, called
velocity matched spectrum, has previously been published [11]. By tracking the
scatterers along the direction of the ﬂow, the transit time was increased, giving a better
velocity resolution in the spectrum. A similar method is the butterﬂy search technique
[12], developed by Alam and Parker. In this method, the complex demodulated signal
is sampled on diﬀerent delay trajectories (butterﬂy lines) in the slow time-fast time
space. To estimate the mean velocity, the butterﬂy lines on which the variance is
minimal are searched for. Both methods only track along the beam direction and have
therefore shown improved performance only for small beam-to-ﬂow angles.
Conventional Doppler techniques can only measure the axial component of blood
ﬂow. The blood velocity is estimated by multiplying the measured velocity with
an angle correction factor of 1/ cos θ, where θ is the manually chosen beam-to-ﬂow
angle. As the angle correction factor tends to inﬁnity as θ approaches 90◦, the velocity
estimates are very sensitive to angle estimation errors for large beam-to-ﬂow angles.
Several techniques have been suggested to overcome the angle dependence in
Doppler ultrasound. Cross-beam vector Doppler has been one of the main approaches
to 2-D ﬂow imaging since the onset of the idea in the 1970s. Using triangulation, the 1-
D velocity estimates from two diﬀerent angles of insonation can be used to reconstruct
a 2-D velocity vector [13]. Another approach has been described by J. Jensen et
al. [14, 15], where both the velocity magnitude and angle is determined using a
cross-correlation technique. The angle is found from beamforming directional signals
in a number of directions and then selecting the angle with the highest normalized
correlation. However, these methods only estimate the mean velocity, and may be
biased because of clutter ﬁltering issues or spatial averaging.
Velocity estimation is particularly challenging in the heart, as the heart lies deep
within the body, partly concealed by ribs and surrounded by the lungs, and contains
complex ﬂow patterns with unclear boundaries. Estimates of both the ﬂow velocities
and directions can help diagnose and predict several diseases. Flow near stenotic
and leaky valves are of particular clinical interest. Mitral regurgitation (MR) is the
backﬂow of blood through the mitral valve, and it is one of the most common valvular
heart diseases. The disease can cause dyspnea and be life-threatening, but mortality
is reduced by surgical procedures [16, 17]. Accurate assessment of the disease is
crucial for timing the intervention before the heart remodels with the development
of permanent heart failure and increased mortality.
2-D color Doppler jet area measurements are used to diagnose mitral regurgitation,
but the method may not give an accurate estimate of the severity of the regurgitation.
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Chapter 1. Introduction
A number of factors have been reported to inﬂuence the accuracy, which include
instrument settings, geometric oriﬁce characteristics, blood viscosity, and jet properties
such as momentum, velocity, pressure gradient, and eccentricity [18]. The color
Doppler images can also be used to measure the width of the narrowest region of
the jet, called the vena contracta. The vena contracta is a measure of the eﬀective
oriﬁce size, and by assuming a circular geometry, the oriﬁce area can be estimated.
The regurgitant ﬂow volume is another parameter used when grading MR. It can
be calculated by multiplying the oriﬁce area with the velocity-time integral, found by
either PW Doppler or CW Doppler. Since the velocity-time integral is calculated by
taking the envelope of the velocity spectrum, errors may be introduced because of the
aforementioned problems.
Another suggestion for quantiﬁcation of MR is the proximal isovelocity surface
area method (PISA) [19]. The method has gain popularity the recent years, and it is
now recommended by the echo guidelines [10]. It measures the ﬂow convergence zone
proximal to the regurgitant valve, using 2-D color Doppler. By assuming a hemispheric
shape of the inﬂow region, the volume ﬂow rate is predicted. However, the accuracy of
the method is controversial, and it has been shown that it underestimates functional
MR because of the assumption about circular oriﬁces [20, 21]. An extension of PISA
that assumes hemielliptic in addition to hemispheric inﬂow regions avoids some of these
problems [22], but it involves complicated measurements in several image planes.
PW Doppler measurements have also been used directly to measure the regurgitant
ﬂow volume. In laminar blood ﬂow, such as the vena contracta, the backscattered
power is proportional to the amount of blood passing through the sample volume [23].
This principle was used by Buck et al. [24], who measured the ﬂow volume from the
power-velocity integral by using a single wide transmit beam and a narrow beam for
calibration. Hergum et al. [25, 26] extended this principle in the method MULDO,
by using the sum of several narrow beams as a composite measurement beam and
selecting one of these as a reference beam. A more robust estimate was then achieved,
but still with overestimation of small oriﬁces because of the limited spatial resolution,
and some underestimation of large oriﬁces as a result of the stochastic nature of the
Doppler signals.
Recent technical advances have enabled parallel processing of ultrasound data,
which in turn have enabled 3-D imaging. 3-D B-mode imaging was initially anticipated
to solve the MR quantiﬁcation problem, but the images are not yet of suﬃcient quality
for direct planimetry of the regurgitant oriﬁce. 3-D color Doppler images of the
regurgitant jet, however, are used for quantiﬁcation in some clinics today, but the
accuracy of the measurements are limited by many of the same factors as mentioned
for the 2-D color Doppler methods.
3-D PISA methods with less geometric assumptions than the 2-D methods have
recently been developed and tested by several investigators [27, 28]. By directly
measuring the area of the isovelocity surface, improved ﬂow rate estimation accuracy
has been shown. However, methods that derive PISA from volumetric color Doppler
data suﬀer from the fundamental limitation regarding angle dependence of color
Doppler imaging. The 3-D methods must identify the entire curvature of the isovelocity
surface, including the most peripheral PISA surface, which may represent a large
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1.1. Aims of Study
Doppler imaging angle [29].
The introduction of parallel processing of data has also improved 2-D imaging.
By using broad ultrasound beams on transmit and forming multiple image lines on
receive; more information is available per acquisition. This has revolutionized color
Doppler imaging, but improvements for spectral Doppler estimation techniques are
still preliminary. However, with the possibility of simultaneous acquisition of Doppler
signals from a 2-D region, new opportunities arise for both method development and
improvement of existing techniques.
1.1 Aims of Study
The overall aim of this study is to develop cardiovascular Doppler methods for
more accurate estimation of maximum blood ﬂow velocities and oriﬁce area. All
the contributions focus on developing methods that use pulsed wave (PW) Doppler
imaging in a combination with parallel receive beams. The two main aims of this
study are to improve the accuracy and reproducibility of PW Doppler measurements,
and to develop new and more robust methods for assessing the severity of valvular
regurgitations.
1. Improve accuracy and reproducibility of PW Doppler measurements:
A previously published method called velocity matched spectrum [11] has shown
reduced spectral broadening for small beam-to-ﬂow angles. By using plane
wave transmissions and parallel beamforming, the tracking can be done for a
wide range of beam-to-ﬂow angles. By adapting the velocity matched spectrum
method for use in a 2-D imaging region, this study aims to:
• Improve the spectral resolution in PW Doppler for large beam-to-ﬂow
angles.
• Investigate the angle dependency of the new method, and how it can be
utilized for velocity calibration.
2. Develop new and more robust methods for assessing the severity
of valvular regurgitations: By acquiring PW Doppler signals from many
parallel beams, both information about the jet velocities and the oriﬁce area is
available from a single acquisition, which may give more accurate estimates of
the regurgitant volume. By generating multiple simultaneous velocity spectra
from parallel beams, this study aims to:
• Extract qualitative information about the cross-sectional area of the vena
contracta in regurgitant jets from PW Doppler measurements.
• Develop a method for estimating the oriﬁce area, oriﬁce shape and




The contributions included in this thesis are summarized in Section 1.4, discussed in
Section 1.5 and presented in their complete form in Chapters 2-5. To ease the reading
of the contributions, some background on the main topics is provided in the following
section. This includes some theory about PW Doppler imaging and the potential
errors of the technique when used for maximum velocity estimation. In addition,
some background on mitral regurgitation is given, including a short description of
some of the most common ultrasound techniques for assessment of this disease.
1.3 Background
1.3.1 Pulsed Wave (PW) Doppler
In medical ultrasound, several Doppler techniques are used for blood ﬂow visualization
and measurement. While color Doppler gives an overview of the mean velocities in
a large region, PW Doppler and continuous wave (CW) Doppler produce spectral
displays showing the velocity distribution in a single sample volume. In Fig 1.1 an
example of a color Doppler display (left) and a PW Doppler display (right) is shown.
The velocities in the color Doppler image are encoded in colors given by the colorbar
in the upper right corner. In the PW Doppler spectrum, the intensity of the Doppler
signal for a particular velocity and moment in time is displayed as the brightness at
that point on the display. The rest of this section will describe the process of generating
such a PW Doppler spectrum, and parts of the Doppler terminology will be explained.
In PW Doppler, short ultrasound pulses are transmitted, which allows for depth
resolution by calculating the time of ﬂight of the pulse. Generally, the pulses are
transmitted in a single direction with a pulse repetition frequency (PRF) that allows
for the pulse to propagate to the depth of interest and back again, before a new pulse
is transmitted. The signal from a PW Doppler recording can be arranged in a 2-D
matrix, as illustrated in Fig. 1.2, where the received signal is divided into segments
of duration equal to the pulse repetition time (PRT). The vertical axis is called fast
time and the horizontal axis is called slow time, reﬂecting how frequently the data is
sampled in the respective directions. In the ﬁgure, a moving satterer is sampled at
depth z1, which results in the low-frequent slow time signal shown in the lower part
of the ﬁgure.
If the blood is moving, the frequency of the backscattered signal will be altered
from the transmitted frequency. This change in frequency is a phenomenon called the
Doppler eﬀect, and it can be used to measure the velocity of the moving scatterers.





[30], where f0 is the transmitted frequency, c is the sound propagation velocity, v is












Figure 1.1: Color Doppler imaging (left) and PW Doppler imaging (right) of ﬂow in
a carotid artery is demonstrated. A B-mode image of the carotid artery is shown in
the background of the color Doppler image. The axial velocities in the color Doppler
image are encoded in colors given by the colorbar in the upper right corner. Red color
indicates ﬂow towards the transducer and blue color indicates ﬂow away from the
transducer. The colorbar has units in cm/s. The PW Doppler spectrogram provides
velocity information from a sample volume inside the artery, indicated by the two
yellow parallel lines in the color ﬂow image. The green line indicates the direction of the
ﬂow compared to the ultrasound beam, which was manually chosen by the examiner.
The maximum velocities given by the PW Doppler spectrum are approximately 1 m/s.
ultrasound beam. The equation is valid when v cos θ  c, which is the case for medical
ultrasound imaging.
In PW Doppler, the transmitted pulse contains a band of frequencies that is
much broader than the Doppler frequency shift. This makes it diﬃcult to extract
the Doppler shift by spectral analysis in fast time. However, by sending multiple
pulses, the Doppler shift may be extracted after a Fourier transform in slow time. By
inserting the resulting Doppler frequencies in (1.1), the velocities of the scatterers are
found. In the ultrasound scanner, the Doppler spectrum is continuously updated in
a real-time spectral Doppler display with the blood velocity as the vertical axis and
time as the horizontal axis.
In Fig. 1.3, the Fourier domain signals of a stationary scatterer (clutter) and a
moving scatterer (blood) are illustrated. The 2-D Fourier domain (upper graph) is
obtained by a 2-D Fourier transform of the PW Doppler signals in the slow- and fast
time directions. The vertical axis gives the frequencies in the received signal, and
the horizontal axis gives the Doppler frequencies. A spectrum corresponding to a
conventional PW Doppler spectrum (identical to the slow time Fourier transform) is
obtained by projecting the 2-D Fourier signals down to the Doppler frequency axis, as
illustrated in the lower graph of Fig. 1.3. It can be observed that each frequency in
the received signal corresponds to a unique Doppler frequency shift. The signals from
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Figure 1.2: Illustration of PW Doppler signals in the slow- and fast time directions.
An ultrasound transducer transmits a pulse that is scattered by a moving scatterer at
z1. The slow time signals are sampled at z1, resulting in the sampled waveform shown
in the lower part.
1.3.2 Maximum Velocity Estimation Errors
PW Doppler measurements of the peak systolic velocity are widely used for
determining the severity of stenoses in blood vessels. The method is used to determine
which patients that need further examinations, but in some institutions, the peak
velocity measurement is the only diagnostic technique used prior to surgery [30]. In
the heart, maximum velocities are used to calculate the severity of stenosis or of valve
leakages. However, errors are frequently introduced in the estimates, which may lead
to serious misdiagnosis.
There are several sources of error in maximum velocity estimation. Spectral
broadening is the primary intrinsic error in the ultrasound system. An inﬁnitely
long observation time is needed to measure a velocity accurately. In PW Doppler,
a relatively small sample volume is used, which means that for high velocities, the
blood will pass rapidly through the sample volume, resulting in a short observation
time and broadening of the estimated velocity spectrum. The eﬀect is also called
transit time broadening, and it causes the measured peak frequency to be higher than
the value corresponding to the true peak velocity.
Because of the pulsatile ﬂow proﬁle in the circulatory system, accelerated ﬂow is
usually present, which may give rise to an increase in spectral bandwidth. Using a
common femoral artery waveform, Bastos et al. [31] showed that for observational
windows of very short duration, e.g., 2 ms, broadening will be dominated by the
transit time rather than by the eﬀects of acceleration. However, for longer windows,
the eﬀects of accelerations become more evident.








































Figure 1.3: Illustration of PW Doppler signals in the Fourier domain. In the 2-D
Fourier domain, the blood signal is located along an inclined line that extends through
the origin. The clutter signal is located around zero Doppler frequency. The bandwidth
of the pulse restricts the signal along the vertical axis. A spectrum corresponding to a
conventional PW Doppler spectrum is obtained by projecting the 2-D Fourier signals
down to the Doppler frequency axis.
the velocity component in the axial direction is measured by conventional Doppler
techniques and the Doppler angle must be found manually by inspecting the ultrasound
images. At large beam-to-ﬂow angles (greater than 60◦), the apparent Doppler shift
is small, and minor errors in angle accuracy can result in large errors in velocity.
Aliasing is an error caused by an insuﬃcient sampling rate in slow time. According
to sampling theory, a signal can be reconstructed unambiguously as long as the true
frequency (e.g., the Doppler shift) is less than half the sampling rate. Thus, the pulse
repetition frequency must be at least twice the maximum Doppler frequency shift
encountered in the measurement. The maximum measurable velocity is also called
the Nyquist limit, and the velocities that exceed this limit are aliased. In a spectral
Doppler display, this means that the signals wrap around to negative amplitude as
false reversed ﬂow. By applying a baseline-shift, velocities up to twice the Nyquist
limit may be resolved, as long as the direction of ﬂow is known. Around twice the
Nyquist limit, the clutter ﬁlter will remove the signal, and at even higher velocities,




Figure 1.4: Illustration of the vena contracta in a jet ﬂow. The vena contracta is
found slightly downstream of the oriﬁce and is the point where the cross-sectional area
is at its minimum.
1.3.3 The Mitral Valve and Mitral Regurgitation
The purpose of the heart valves is to direct blood ﬂow in one direction through the
heart, passing oxygenated blood to the body, and deoxygenated blood to the lungs. For
diﬀerent reasons the valves may not close properly, causing a backﬂow (regurgitation)
of blood through the valve when it is supposed to be closed. Large regurgitations will
eventually cause heart failure, dyspnea and there may be an increased risk of mortality.
Mitral regurgitation (MR) is one of the most common forms of valvular heart disease.
The mitral valve is situated between the left ventricle and the left atrium and it
consist of two leaﬂets that together are typically 4-6 cm2 in area. It is common to
distinct whether MR is caused by abnormalities in the valve itself (organic MR) or if
it is caused by left ventricular dilation and dysfunction (functional MR). Organic MR,
with calciﬁed, thickened or prolapsing leaﬂets, may have a nearly circular regurgitant
oriﬁce. Functional MR, on the other hand, may have a crescent–shaped regurgitant
oriﬁce. The mitral regurgitation ﬂow velocity is always high, usually greater than 4
m/s with peak velocities up to 6 or 7 m/s [32]. This is due to the high systolic pressure
gradient between the ventricle and atrium.
Clinicians are encouraged to use several methods when assessing the severity of MR.
Both the heart dimensions and function should be evaluated, in addition to several
ﬂow parameters, such as ﬂow direction or distribution. The color ﬂow area of the
regurgitant jet can be used for diagnosing MR, but the method is not recommended
for quantifying the severity [10].
Vena contracta width is a semiquantitative measure of the severity of MR. Vena
contracta is the point in a ﬂuid jet where the cross-sectional area of the jet is at its
minimum and the ﬂuid velocity is at its maximum. It is found slightly downstream of
the oriﬁce, which, for the case of MR is in the left atrium. The ﬂow in this region is
laminar and studies suggest that the vena contracta width is relatively independent
of hemodynamic variables [33, 34]. An illustration of the vena contracta is shown in
Fig. 1.4.
The vena contracta area represents a direct measure of the eﬀective regurgitant
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oriﬁce area (EROA), which is smaller than the regurgitant oriﬁce area, and it can be
estimated by measuring the vena contracta width from a color Doppler recording and
assuming a circular geometry. When a measure of the EROA has been obtained, the
regurgitant volume, RgV , can be estimated by using the formula:
RgV = EROA ·V TI (1.2)
[35], where V TI is the velocity time integral of the MR jet found from a CW Doppler
recording.
A quantitative method for evaluation of mitral regurgitation is the proximal
isovelocity surface area (PISA) method. It is based on the principle that when ﬂuid
passes through a small circular oriﬁce, there is ﬂow acceleration just proximal to the
oriﬁce (ﬂow convergence zone). The ﬂow converges towards the oriﬁce in hemispheric
layers of equal velocity. By measuring the radius of one of these hemispheres (called the
PISA radius), the severity of the regurgitation can be estimated. In general, a small
PISA radius corresponds to a mild regurgitation, and a large PISA radius corresponds
to a severe regurgitation.
In practice, the PISA radius is measured from a color Doppler recording by
adjusting the PRF so that the aliasing velocity forms a hemispheric shape in the color
Doppler display. From the PISA radius, the instantaneous regurgitant ﬂow (RgF) can
be calculated as
RgF = 2π · r2 · va , (1.3)
where r is the PISA radius of the convergence zone and va is the aliasing velocity. Note
that the error is squared if the radius is measured incorrectly. By also performing a
CW Doppler measurement, it is possible to estimate the eﬀective regurgitant oriﬁce
area (EROA) and the regurgitant volume. The EROA is calculated by dividing the
instantaneous regurgitant ﬂow with the peak velocity of the regurgitant jet, assesed
by CW Doppler. The regurgitant volume can then be obtain by (1.2), where the
velocity-time integral is obtained from the CW Doppler recording.
In order to ﬁnd the mechanism of the MR, a more detailed examination of the
valve can be performed by transesophageal echocardiography, which involves passing
a small ultrasound probe into the patient’s esophagus (down the throat). The probe
is then located closer to the heart than for transthoracic echocardiography (standard
echocardiography), and a higher ultrasound frequency can be used, which results in
an increased image quality.
1.4 Summary of Contributions
Two main studies are presented in the contributions. The 2-D tracking Doppler
method is developed in Chapter 2 and is further investigated in Chapter 3. Methods
for quantifying mitral regurgitation are investigated in Chapters 4 and 5. In the




1.4.1 2-D Tracking Doppler (Chapters 2 and 3)
Pulsed wave (PW) Doppler is an important tool in cardiovascular diagnostics,
and it can be used when estimating the maximum velocities at stenoses or valve
leakages. However, errors are frequently introduced in the estimates because of spectral
broadening and incorrect choice of the beam-to-ﬂow angle. Errors from both eﬀects
become worse with larger beam-to-ﬂow angles.
To increase the robustness of maximum velocity estimation, we have developed a
new spectral estimation technique called 2-D tracking Doppler, based on an algorithm
ﬁrst described by Torp and Kristoﬀersen[11]. Whereas conventional PW Doppler
algorithms sample the scatterer movement over time from a ﬁxed position, the
proposed algorithm samples at varying positions in space, resulting in an increased
observation time and decreased spectral broadening. In the initial version of the
technique, tracking of the blood scatterers was done in the axial direction, improving
the spectral resolution for small beam-to-ﬂow angles. In this work the method has
been adapted for tracking blood with any beam to-ﬂow angle, by utilizing plane wave
transmission and parallel beamforming.
In the proposed method, the Doppler signal is resampled in the ﬂow direction from
a 2-D region. Several slow-time instances of the resampled signal are further summed
along straight lines in a domain spanned by space and slow-time, where summation
along diﬀerent angles contribute to the power in diﬀerent velocity cells of the power
spectrum.
The new method was tested using simulations, in vitro ultrasound recordings from
a ﬂow phantom, and in vivo recordings from the human carotid artery. The resulting
2-D tracking Doppler spectra showed reduced spectral broadening and increased signal-
noise-ratio (SNR) compared with Doppler spectra generated by a conventional PW
Doppler method. A signal model was derived and the expected Doppler power spectra
were calculated, showing good agreement with both simulations and experimental
data. Improved spectral resolution was shown especially for large beam-to-ﬂow angles.
Experiments were performed to investigate how the 2-D tracking Doppler method
depends on the tracking angle. Results from both simulations and in vitro and in
vivo recordings showed that the spectra broaden when using an erroneous tracking
angle. Using the signal model, it was shown that the spectra have lowest bandwidth
and maximum power when the tracking angle is equal to the beam-to-ﬂow angle. The
ﬁndings resulted in two proposals for velocity calibration, where the minimum full
width at half maximum (FWHM) or the maximum power of the 2-D tracking Doppler
spectra is used to predict the Doppler angle. The techniques were tested using in vitro
recordings of ﬂow in a straight tube, at beam-to-ﬂow angles at 63◦, 73◦ and 83◦. It
was shown that the velocity calibration errors may be lower for the FWHM method
than for a conventional PW Doppler approach, and especially for large beam-to-ﬂow
angles.
With an in vivo example it was demonstrated that the 2-D tracking Doppler
method is suited for measurements in a patient with carotid stenosis.
Two papers are concerned with this topic: “2-D Tracking Doppler: A New Method
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to Limit Spectral Broadening in Pulsed Wave Doppler”, which was a joint work with
Ingvild Kinn Ekroll, and “Investigations of Spectral Resolution and Angle Dependency
in a 2-D Tracking Doppler Method”, which was a joint work with Jørgen Avdal.
1.4.2 Quantiﬁcation of Mitral Regurgitation (Chapters 4 and
5)
Estimating the size of mitral regurgitation (MR) is crucial to identify which people
are in need of surgery, but the existing methods are complex and have limitations.
Therefore, new methods to quantify the regurgitation are needed.
We have investigated how parallel beamforming applied in a PW Doppler mode
can improve the diagnosis of MR. By using a plane wave on transmit, it was possible
to have a continuous acquisition for the Doppler processing. This gave us the same
resolution in time as conventional pulsed wave (PW) Doppler, with the added beneﬁt
of the lateral resolution provided by the multiple receive beams. Using a matrix
array transducer, these receive beams could cover a three dimensional region in space,
enabling the estimation of Doppler spectra from a grid of beams spread across the
MR oriﬁce. A high pulse repetition frequency allowed us to isolate the backscattered
Doppler power from the core of the high-velocity regurgitant jet.
We have proposed a qualitative method where multiple simultaneous velocity
spectra are generated from parallel receive beams and combined into an enhanced
velocity spectrum. This composite velocity spectrum has colors representing the
number of beams intersecting the jet. The algorithm for determining the color of
each velocity bin is based on power thresholding. The method was validated using
simulations of ﬂow in a straight tube, and in one individual with MR. It successfully
generated velocity spectra that contained information about the lateral extent of high
velocity ﬂow, both from the simulations and from the in vivo recording. Hence, the
spectra gave information about the size of regurgitant jets, in addition to all the
information the cardiologist is used to get from a pulsed wave Doppler recording.
Another proposal in this thesis is a quantitative method where the signal from the
receive beams are interpolated in space using 2-D spline interpolation and velocity
spectra are generated from each of the interpolated beams. A single spectrum is
displayed, and a velocity-time region that only includes the high velocities of the jet
is manually chosen from the spectrum. The signal from the vena contracta is then
isolated and the cross-sectional area can be displayed as a 2-D image. The size of the
area is found by ﬁrst averaging the chosen region in the velocity and time directions,
and then thresholding the resulting power in each of the interpolated beams. The
regurgitant volume is found by estimating the velocity-time-integral and multiplying
with the estimated area.
The method was optimized and tested using simulations. A ﬂat transmit beam
at the depth of interest (10 cm), was searched for, to ensure consistent estimation
results for diﬀerent jet sizes and locations. The transmit beam found best suited for
the method was a diverging beam with an opening angle of 6◦ and with transmit
apodization using a Tukey window with taper ratios of 45% and 5% in the azimuth
and elevation directions respectively. To further optimize the method, we investigated
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the eﬀects of diﬀerent numbers of receive beams and the density of which they are
sampled. With 16 receive beams, the regurgitant volume estimates depended on the
position of the jet and gave biased results for small regurgitations, while 64 beams
gave suﬃciently increased accuracy and robustness.
The simulation results from the MR estimation tests showed that the method
provides accurate estimates of the regurgitant volume when using the optimal
parameters. From the cross-sectional power Doppler images of the regurgitation,
information about both the cross-sectional area and shape could be extracted. Since
the velocity-time integral and the oriﬁce area are extracted from a single recording, the
proposed method may give more robust ﬂow volume estimates than methods where
the velocities and the area are measured from two separate recordings.
This work is described in two papers: “Quantiﬁcation of Mitral Regurgitation Using
PW Doppler and Parallel Beamforming” and “Regurgitant Volume Quantiﬁcation
Using 3-D Pulsed Wave Doppler”. The former is based on a proceeding published in
the 2011 IEEE International Ultrasonics Symposium Proceedings.
1.5 Discussion
This thesis has mainly been concerned with two topics in cardiovascular imaging;
the general improvement of spectral velocity analysis, and the quantiﬁcation of
valvular regurgitation. In both studies we have combined PW Doppler with parallel
beamforming, and hence, increased the information available for each transmitted
ultrasound beam.
1.5.1 2-D Tracking Doppler
A new technique for generating angle corrected velocity spectra with reduced spectral
broadening has been developed. The results showed that the method could provide
velocity spectra with increased velocity resolution, especially for large beam-to-ﬂow
angles, and also give information about the Doppler angle. By tracking the blood
scatterers along straight lines in a 2-D region, the observation time was increased and
the spectral broadening due to the transit time eﬀect was reduced.
The new technique is based on a previously published method [11], that produces
velocity spectra with reduced spectral broadening. By tracking the scatterers along the
direction of the ﬂow, the transit time was increased, giving a better velocity resolution
in the spectrum. A similar approach was taken by K. Ferrara in ”Wideband maximum
likelihood velocity estimation” [36], and by Alam and Parker in the ”butterﬂy search”
technique [12]. However, these methods do not provide a spectrum display, and are
not suited for maximum velocity estimation. All these approaches are limited to track
along the direction of the beam, resulting in improved performance for small beam-to-
ﬂow angles only. By using plane transmit waves and parallel receive beams we have
extended this principle to spectral velocity estimation at any beam-to-ﬂow angle.
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The 2-D tracking Doppler method was investigated for varying tracking angles
using simulations, in vitro and in vivo experiments, focusing on situations with large
beam-to-ﬂow angles, where limitations in velocity estimation and calibration are
most evident. It was shown that when applied to the same data, the 2-D tracking
Doppler method reduced spectral broadening and increased the signal-noise-ratio
(SNR) compared with a conventional spectral estimation technique. The increased
SNR can be explained by the statistical properties of the blood signal compared with
the noise signal. Along trajectories where the velocity is constant, the signal will
match in phase when summed, whereas the contribution from noise will not.
2-D tracking Doppler spectra were calculated using an extended version of the
signal model used in [11]. The extended model takes the correlation between the
signals from multiple receive beams into account, and includes thermal noise and
clutter ﬁltering. A uniform, constant and in-plane ﬂow was assumed. The predicted
spectra therefore describe an ideal situation where the ﬂow direction is in the imaging
plane and no velocity gradients are present. Any out-of-plane movement would shorten
the tracking length; hence broaden the main lobe of the power spectrum. Also, an
inﬁnitely large plane wave is assumed in the model, and no edge eﬀects are therefore
present. However, the predicted spectra corresponded well with both the in vitro
results and the spectra generated from Field II simulations.
The tracking trajectory was in the ﬁrst part of this study determined from a B-
mode image of the geometry and chosen as a straight line. As for conventional spectral
Doppler techniques, determining the beam-to-ﬂow angle may be problematic when the
ﬂow ﬁeld is complex and does not follow the ﬂow boundaries. Estimating the correct
beam-to-ﬂow angle is especially important when calibrating velocity spectra at large
beam-to-ﬂow angles, as the angle correction factor tends to inﬁnity as the beam-to-
ﬂow angle approaches 90◦. We used the signal model to investigate how the 2-D
tracking Doppler spectra changes when the tracking angle is chosen diﬀerent from the
beam-to-ﬂow angle. It was shown that the spectra broaden when the incorrect angle
is chosen and that the spectra have lowest bandwidth and maximum power when the
tracking angle is equal to the beam-to-ﬂow angle. This may facilitate new techniques
for velocity calibration, either automatically or manually by e.g. adjustment of the
tracking angle, while observing the eﬀect on the spectral display.
Angle estimation by the minimum FWHM and the maximum power was tested
and analyzed using repeated measurements of in vitro ﬂow. The estimated angles by
the minimum FWHM had a bias of less than 4.4% for all the investigated beam-to-
ﬂow angles. Angles measured from B-mode images were used as a ground truth in the
analysis, and a possible inaccuracy in these measurements could explain the calculated
bias in the angle estimates. The velocity calibration errors corresponding to the angles
estimated from the minimum FWHM were compared with the maximum velocity
errors expected when using a conventional PW Doppler method. The maximum
velocity errors of the conventional method increase rapidly for large beam-to-ﬂow
angles, whereas the estimated velocity calibration errors of the 2-D tracking Doppler
method had a standard deviation of less than 6% for all the investigated angles (63◦,
73◦ and 83◦). This indicates that the 2-D tracking Doppler method may be used
for automatic angle correction of velocity spectra, providing more robust velocity
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estimates than a conventional approach, for large beam-to-ﬂow angles.
A challenge in vivo is that spatial velocity gradients in the tracking direction and
surrounding low velocities may broaden the spectra. However, in many applications
the primary interest is the quantiﬁcation of maximum velocities, for instance in cases
of valvular insuﬃciency or in stenotic regions, where the high velocity ﬂow can be
distinguished from the low velocities in the spectra. In this work, the technique was
tested for in vivo recordings of the carotid artery; in one healthy volunteer and in one
patient with carotid stenosis. For both scenarios, the 2-D tracking Doppler method
gave better velocity resolution than the conventional PW Doppler method. For the
case with the stenosis, the velocity-time waveform was also easier to delineate in the
2-D tracking Doppler spectrum because of clutter that was overlapping with the high
velocities in the conventional spectrum. This ability of the tracking technique to
resolve the velocity ambiguity problem, when the maximum velocity is beyond the
Nyquist limit, has earlier been shown for normal blood ﬂow in the aorta in the axial
direction [11].
To limit spectral broadening of the velocity spectra, the ﬂow has to be constant
for a certain length. Curved ﬂow ﬁelds, accelerated ﬂow and turbulent ﬂow were not
considered in this work, all of which may limit the useful tracking length. In this work,
the tracking length was set between 1 and 2 cm (at the highest velocities), which might
be longer than the distance of constant ﬂow in more complex ﬂow ﬁelds. Spectral
broadening because of a limited tracking length might reduce the angle sensitivity
of the 2-D tracking Doppler technique. Also, ﬂow direction may vary through the
heart cycle, and in regions of complex ﬂow the accuracy of the angle estimation may
be limited. However, in the most challenging cases, these eﬀects will also limit the
quality of conventional PW Doppler in a similar way.
The combination of an increased spectral resolution and more robust velocity
calibration for large beam-to-ﬂow angles may give both challenges and opportunities
in vascular imaging. Most importantly, the increased robustness for large beam-to-
ﬂow angles may facilitate reliable velocity estimation for angles above 60◦. This can
improve blood velocity estimation in regions with near-transversal ﬂow, for instance
in vascular imaging or when imaging the heart from a parasternal view. However,
as the 2-D tracking method produces narrower spectra, and hence might give lower
maximum velocity estimates than conventional approaches, introducing the method
in the clinics could result in a need for revision of the guidelines for thresholds and
treatment.
1.5.2 Quantiﬁcation of Mitral Regurgitation
Methods for assessing the severity of valvular regurgitations, and mitral regurgitation
(MR) in particular, have been developed. The aim was to develop robust methods
that are less user-dependent and faster to perform than the methods used in the
clinics today. The standard diagnostic imaging procedures include an integrated
assessment of several parameters using multiple imaging modalities. Both qualitative
and quantitative methods are used, but most are dependent on scanner settings and on
geometric assumptions. This makes the procedures both time-consuming and largely
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dependent on the skills of the sonographer.
Two methods for evaluation of valvular regurgitation were developed in this work,
both combining PW Doppler imaging with parallel receive beamforming. They were
both successful in providing information about the jet size from a single PW Doppler
recording. Using a single broad beam on transmit and parallel beams on receive;
a continuous acquisition was achieved, which allowed for a regular PW Doppler
processing of the received signals. As only the beams intersecting the jet contain
high velocity signals, the PW spectra generated from the parallel beams included
spatial information of the jet.
Both methods are based on thresholding. The threshold was chosen to a value
some decibels below the maximum intensity of the dataset. This may lead to
underestimations of some regurgitations because of statistical ﬂuctuations of the
Doppler signals. A threshold that is independent of the maximum intensity should
therefore be considered.
A high pulse repetition frequency (HPRF) was used to acquire the high velocity
Doppler signals from the regurgitant jets. With HPRF acquisition several pulses are
transmitted before the deep echoes from the ﬁrst pulse has returned to the probe,
meaning that the received echoes from multiple sample volumes along the beam
are mixed together. This range ambiguity introduced by HPRF acquisition is not
important for measuring the velocity of regurgitant jets, as the signals received from
the ambiguous sample volumes are removed by a clutter ﬁlter as long as the beam
only intersects one jet. This is usually the case for transthoractic imaging.
The ﬁrst proposed method was semi-quantitative, giving information about the jet
size by color coding the PW Doppler spectrum. Since PW Doppler measurements are
part of the standard procedures when evaluating MR, the proposed method added
information to the images without adding additional time or eﬀort for the examiner.
Colored spectra generated from simulations of ﬂow in straight tubes were successful
in diﬀerentiating between small, medium and large tubes. However, a 2-D probe was
used in the simulations, meaning that the receive beams were located in a 1-D line
across the ﬂow, limiting the information available about jet size and geometry. The
method was also implemented on a scanner with a 3-D probe, and tested on a patient
with mitral regurgitation. The scanner available for testing could produce a maximum
of 16 parallel receive beams, which restricted the ﬁeld of view and the density of the
receive beams. The resulting spectrum contained colors that seemed reasonable, as
the low velocity clutter was colored in a color representing a large area, and the high
velocities were colored in a color representing a smaller area. However, it was later
found that the number of parallel receive beams used in this study is not adequate for
accurately estimating the jet size.
The second proposed method was a quantitative method that estimates the
regurgitant volume, produces a cross-sectional power Doppler image of the vena
contracta and generates a velocity spectrum from a single PW Doppler recording.
By displaying the cross-sectional power Doppler image, the shape and size of the
regurgitant oriﬁce may be found. The cross-sectional power Doppler image may also
be used as a tool when searching for the jet and positioning the probe. By multiplying
the cross-sectional area of the vena contracta with the velocity-time integral, angle-
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independent estimates of the ﬂow volume is achieved. As the cross-sectional area
and the velocity-time integral are estimated from the exact same position, the volume
estimates may be more robust than estimates done using two separate recordings.
Diﬀerent beam conﬁgurations were tested by simulating the beam proﬁles and
the received Doppler signal. Especially the receive beam number and density was
investigated, and it was shown that 16 parallel receive beams are inadequate when
estimating the regurgitant volume. Large variations in the two-way intensity proﬁle
was found when using 4x4 parallel receive beams, which may be a result of the limited
beams available for the interpolation algorithm. Using 4x4 parallel receive beams,
a beam spacing of 0.9 times the Rayleigh criterion was needed to cover an area of
1x1 cm. In theory, the beam spacing given by the Rayleigh criterion should be enough
to fully reconstruct the signals from any intermediate beams through interpolation.
However, Rayleigh beam spacing resulted in large intensity variations in the two-way
beam proﬁles, also for 64 receive beams. A diverging transmit beam and 64 receive
beams, sampled with a beam spacing of half the Rayleigh criterion was suggested as
the conﬁguration best suited for the method.
The proposed method makes no assumptions about the geometry of the oriﬁces,
and it should be possible to measure the area of multiple jets, eccentric jets and
asymmetric jets as long as they can ﬁt inside the measurement area. For oriﬁces
extending beyond the measurement area, the volume estimates will be underestimated.
A measurement area of approximately 1x1 cm was used in this work, but by using
more receive beams and a broader transmit beam, the area may be extended. A
broader transmit beam, however, will result in lower signal-noise-ratio, which might
be a challenge when measuring at the depth of the mitral valve.
The method should be tested in vivo when a suﬃcient amount of parallel receive
beams is available. Some challenges are expected in vivo because of more complex ﬂow
patterns, such as velocity gradients and turbulent ﬂow. Because of the random nature
of Doppler signals from blood, a lot of averaging in time is required, which could be
a challenge if the regurgitation is only present during a short time interval, or if the
vena contracta moves from frame to frame. However, should the method prove to give
valid estimates in vivo, it could be an important tool when evaluating MR.
1.6 Concluding Remarks
Maximum velocity estimates are frequently used when diagnosing cardiovascular
diseases. We have developed new Doppler methods to increase the accuracy and
robustness of such estimates.
To limit spectral broadening, we have created a method called 2-D tracking
Doppler, that increase the eﬀective observation time of the scatterers by incorporating
information from several parallel receive beams. Spectra with improved resolution
and signal-to-noise ratio were produced using simulations, and in vitro and in vivo
recordings for a large span of beam-to-ﬂow angles. A signal model was derived
and the expected Doppler power spectra were calculated, showing good agreement
with experimental data. It was shown that the spectra have lowest bandwidth and
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maximum power when the tracking angle is equal to the beam-to-ﬂow angle. This
may facilitate new techniques for velocity calibration.
The increased resolution and robustness of the velocity estimates for large beam-
to-ﬂow angles may facilitate velocity estimation above 60◦; hence improve blood
velocity estimation in regions with near-transversal ﬂow. Regions of accelerated or
disturbed ﬂow may still present a challenge; however, it was demonstrated signiﬁcant
improvement in spectral resolution for ﬂow in a stenotic carotid artery. For the same
case, it was shown that the 2-D tracking Doppler technique resolves the velocity
ambiguity problem that results from aliasing. This is the ﬁrst time that this has
been demonstrated for such a complex ﬂow pattern.
A new technique for estimating the size of regurgitant jets, using spectral Doppler
and parallel beamforming, has been proposed. By estimating both the velocity-time-
integral and the oriﬁce area from a single pulsed wave recording, robust estimates of
the regurgitant ﬂow volume may be achieved. A simulation study was performed to
test and optimize the new method, suggesting a feasible setup for the transmit and
receive beams. 2-D images of simulated regurgitations of varying sizes were generated
and the cross sectional areas of the regurgitations were accurately estimated. In further
studies, the method should be implemented on a scanner and validated in an in vitro
study. The technique should then be tested on patients with mitral regurgitation,
comparing the regurgitant volume estimates with estimates from existing quantitative
methods, such as PISA or the vena contracta width.
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2-D Tracking Doppler: A New
Method to Limit Spectral
Broadening in Pulsed Wave
Doppler
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Norwegian University of Science and Technology (NTNU)
Trondheim Norway
Transit time broadening is a major limitation in pulsed wave (PW) Doppler,
especially when the angle between the ﬂow direction and the ultrasound
beam is large. The associated loss in frequency resolution may give severe
overestimation of blood velocities, and ﬁner details in the spectral display are
lost. By using plane wave transmissions and parallel receive beamforming,
multiple PW Doppler signals can be acquired simultaneously in a 2-D region.
This enables tracking of the moving blood scatterers over a longer spatial
distance to limit transit time broadening.
In this work, the new method was tested using in vitro ultrasound recordings
from a ﬂow phantom, and in vivo recordings from a human carotid artery.
The resulting 2-D tracking Doppler spectra showed signiﬁcantly reduced
spectral broadening compared with Doppler spectra generated by the Welch’s
method. The reduction in spectral broadening was 4-fold when the velocity
was 0.82 m/s and the beam-to-ﬂow angle was 62◦. A signal model was
derived and the expected Doppler power spectra were calculated, showing
good agreement with experimental data. Improved spectral resolution was
shown for beam-to-ﬂow angles between 40◦ and 82◦.
2.1 Introduction
Pulsed wave (PW) Doppler is an important tool in cardiovascular diagnostics, by
which the complete spectrum of blood or tissue velocities is estimated. It is typically
displayed as a 2-D sonogram with velocity along the y-axis and time along the x-
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axis. The spectral power is displayed in a gray scale. Fundamentally, the spectrum
of velocities presented will broaden because of the so-called transit time eﬀect. Even
though a uniform velocity ﬁeld is present, a spectrum of velocities will be estimated and
displayed. The transit time is the eﬀective observation time of the blood scatterers
in the received signal. The scatterers pass through the insoniﬁed volume during a
short time interval, and as the velocity increases, the transit time decreases, resulting
in more severe spectral broadening for high velocities. This limitation makes it more
challenging to delineate the true maximum velocity as a function of time, decreasing
diagnostic conﬁdence and making quantitative analysis more challenging and less
reproducible. In the context of blood velocity measurements, delineation is particular
challenging when high-velocity jets are present, e.g., in stenotic regions. The transit
time is usually limited by the pulse length. However, if the beam-to-ﬂow angle is
large, the transit time will be given by the beam width. This is illustrated in Fig. 2.1,
where PW Doppler spectra from two situations are shown. The beam-to-ﬂow angles
are small and large in the left and right image panels, respectively.
There have been many attempts to improve spectrum and mean frequency
estimation of Doppler signals, but most techniques base the spectral estimation on
samples originating from one spatial position. Recent approaches to increase the
spectral resolution in PW Doppler include nonparametric methods previously used
in direction-of-arrival estimation, such as the Capon minimum variance estimator [1]
and the amplitude and phase estimation (APES) approach [2]. As opposed to the
data-independent Welch’s method, these two are data-dependent, or data-adaptive,
signal processing techniques. The adaptive property is the source of the improved
frequency resolution and lower leakage in the resulting spectra [3]. It was recently
reported that the observation window in PW Doppler could be reduced using two
versions of these estimators; the blood spectral power Capon method (BPC) and the
blood spectral amplitude and phase estimation (BAPES) technique [4]. It was also
shown in a clinical feasibility study that the methods could work robustly for vascular
imaging [5]. However, the transit time presents a fundamental limitation to the gain
in spectral resolution when using these techniques [6]. To obtain improved delineation
both in low- and high-velocity regions, ways to increase the observation time should
be investigated.
A method for generating velocity spectra with reduced spectral broadening, called
velocity matched spectrum, has previously been published [7]. By tracking the
scatterers along the direction of the ﬂow, the transit time was increased, giving a better
velocity resolution in the spectrum. A similar method is the butterﬂy search technique
[8], developed by Alam and Parker. In this method, the complex demodulated signal
is sampled on diﬀerent delay trajectories (butterﬂy lines) in the slow time-fast time
space. If the delay trajectory matches the scatterer movement, all the data samples
will have similar values and their variance will be low. To estimate the mean velocity,
the butterﬂy lines on which the variance is minimal are searched for. Both of these
methods use focused transmissions and are limited to track along the direction of the
beam. They have therefore shown improved performance only for small beam-to-ﬂow
angles.
We have now extended the velocity matched spectrum method to allow for
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tracking in a 2-D space. An enabling technology for 2-D tracking is parallel receive
beamforming, a technique now implemented in most high-end ultrasound imaging
systems. This technology allows for the instantaneous acquisition of multiple image
lines in 2-D, without aﬀecting the desired pulse repetition frequency (PRF), by
using plane wave transmissions. Using this scheme, we can acquire data that makes
it possible to follow blood or tissue scatterers in 2-D space over time. Whereas
conventional PW Doppler algorithms sample the scatterer movement over time from a
ﬁxed position, the proposed algorithm samples at varying positions in space, resulting
in an increased observation time and decreased spectral broadening.
A related approach has been described by Jensen and Oddershede [9], in which the
mean velocity is estimated in the ﬂow direction. The method is based on synthetic
aperture imaging, in which defocused emissions are used to achieve dynamic focusing
both on transmit and receive in a 2-D region. Directional beamforming was done
in the ﬂow direction, and a cross-correlation technique was used to estimate the ﬂow
velocity. In the 2-D tracking Doppler approach, directional beamforming is obtained by
interpolating the signal from multiple parallel beams along a line in the ﬂow direction.
However, as opposed to Jensen’s method, in which the mean velocity is estimated, the
2-D tracking Doppler method produces a Doppler spectrum display.
In this work, plane wave transmissions and parallel receive beams are used to track
the blood scatterers from pulse to pulse and to construct a Doppler spectrum display
with reduced spectral broadening. The method is tested both in vitro and in vivo.
For evaluation of the method, conventional PW Doppler spectra are estimated and
compared with the 2-D tracking Doppler spectra. Although conventional PW Doppler
methods usually use focused beams on transmit, we also use the term conventional
when using Doppler signals acquired from plane wave transmissions. The 2-D tracking
Doppler algorithm is described in Section 2.2.1. The signal model presented in
Section 2.2.2 is used for simulating the expected velocity spectra. In Section 2.3 the
experimental work is described. The results are presented in Section 2.4 and discussed
in Section 2.5.
2.2 Methods
The acquisition in the 2-D tracking Doppler method consists of two parts: First the
signal is acquired from a 2-D region in space. Then, the signal is resampled along an
oblique line in space. To be able to describe the signal before and after resampling,
some terminology must be deﬁned: The fast time has time steps given by the sampling
rate in the axial direction, and is indexed with t. The slow time has time steps given by
the pulse repetition time (PRT) and is indexed with k. In literature, the term M-mode
usually refers to data from one scan line as a function of time (slow time). When using
the 2-D tracking Doppler method, it is convenient to extend the meaning of the term
M-mode to include any line in space as a function of time. M-mode can then refer to a
2-D matrix that has axes given by an oblique line in space and slow time. x and z are
spatial coordinates in azimuthal and axial directions, respectively. r is a distance along
the direction of the oblique line. In the Fourier domain, the corresponding temporal
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Figure 2.1: Two screenshots from a high-end ultrasound scanner, Vivid E9 (GE
Vingmed Ultrasound, Horten, Norway). B-mode images of a carotid artery are shown
at the top. PW Doppler spectra are shown at the bottom. The beam-to-ﬂow angle
was 40◦ for the recording to the left, and 76◦ for the recording to the right. The
spectral broadening is prominent in the recording with the largest beam-to-ﬂow angle.
frequency axes are fz in the axial direction, fθ along the oblique line, and fD in slow
time.
The new method is based on the properties of the 2-D fast Fourier transform
(FFT). Flow estimation based on the 2-D FFT has been discussed by many authors
[10–12]. Velocity spectra can be generated by taking the 2-D FFT of the signal in the
fast- and slow time directions and integrating along lines of diﬀering slope that pass
through the origin [10]. The slope of each line corresponds to one particular velocity






where vz is the velocity component of the scatterers in the axial direction and c is the
speed of sound. If the ﬂow contains one single velocity, the spectral content of the
signal will extend along a line with angle φ = arctan−1(c/(2vz)).
It has previously been shown [7] that integration along lines of diﬀering slope in
the 2-D FFT is equivalent to summation along lines of diﬀering slope in the fast time-
slow time domain. Signal from scatterers with constant velocity that move along the
ultrasonic beam will make skewed lines in the fast time-slow time domain. When
summation is done along such a skewed line, a peak in the velocity spectrum is
observed. Shortened transit time and broadening of the spectrum will occur when
the ﬂow is not in the direction of the beam. In this work, we propose a technique
in which the scatterers are followed between parallel beams instead of just along one
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Figure 2.2: Tracking of the scatterers using a single ultrasonic beam is compared
with tracking of the scatterers using several parallel beams (2-D tracking Doppler).
The beam-to-ﬂow angle, θ, is 62◦. The images to the left show the imaging plane.
The ﬂow is in the direction of the white arrow. The red line illustrates the tracking
trajectory. In the images in the middle, the signal from the red line is displayed
as a function of time (M-mode). The signal lines in the 2-D tracking Doppler M-
mode are much thinner and extend farther than in the single-beam M-mode. In the
images to the right, the complex pre-envelope signal is displayed in the 2-D Fourier
domain. They show a signal that is more concentrated along a skewed line in the 2-D
tracking Doppler approach compared with the single-beam approach. The intensities
are displayed in a color scale given by the color bar to the right.
ultrasonic beam. The new method is therefore suited for situations with any beam-to-
ﬂow angle. In the Fourier domain this is equivalent to summation along lines in the
fθfD domain. The ﬂow direction can be determined manually by assuming that the
ﬂow is aligned with the blood vessel.
In Figure 2.2, the Doppler signal from a single ultrasonic beam direction, consistent
with the method in [7], is compared to tracking of the scatterers using several parallel
beams (2-D tracking Doppler). The beam-to-ﬂow angle is 62◦. By using the 2-D
tracking Doppler approach, the signal can be extracted from a line that follows the
direction of the ﬂow. The signal forms lines in the 2-D tracking Doppler M-mode
image that are much thinner and extend further than in the single-beam M-mode
image, making it better suited for tracking. The 2-D tracking Doppler 2-D FFT
image shows a signal that is concentrated along a skewed line. In the single-beam
approach, the shortened transit time makes the signal more dispersed. As the beam in
the single-beam approach traverses across the blood vessel, scatterers near the vessel
walls are also contributing to the signal. The blood near the walls is slowly moving
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Figure 2.3: Diagrams of the 2-D frequency spectrum of a Doppler signal. The left
panel illustrates how the frequency spectrum is projected down to the Doppler axis
when using conventional PW Doppler methods. In the right panel, the 2-D tracking
Doppler method sums the signal along oblique lines of varying angles in the Fourier
domain, corresponding to diﬀerent velocities. When reaching the angle corresponding
to the true velocity (black solid line), the signal will extend along that line. The
contribution to the velocity spectrum from aliasing will spread over a larger range of
velocities, but with reduced amplitude.
The Doppler signal has a 2-D frequency spectrum with a ﬁnite bandwidth given by
the bandwidth of the received pulse and the transit time. In Fig. 2.3, the 2-D tracking
Doppler method is illustrated in the 2-D Fourier domain. The fθ axis is the temporal
frequency axis in the direction of ﬂow. If θ = 0, the axis corresponds to the fz axis.
The left panel of Fig. 2.3 illustrates how the frequency spectrum is projected down
to the Doppler axis when using conventional PW Doppler methods. As indicated in
the diagram, the spectrum of a sampled signal will be repeated at every N times the
sampling frequency, where N is an integer. Velocity ambiguity can therefore occur.
The right panel illustrates how the 2-D tracking Doppler method sums the signal
for diﬀerent angles in the Fourier domain. Utilizing the full 2-D spectrum, the 2-D
tracking Doppler method can distinguish between the true velocities and the aliased
parts.
30









Figure 2.4: Diagram of the imaging plane. The tracking trajectory was chosen to
follow the direction of the blood ﬂow in the middle of the vessel.
2.2.1 The Algorithm
The 2-D tracking Doppler spectra can be calculated from the complex pre-envelope
signal, u(x, z, k), or from the complex demodulated (IQ) signal, uIQ(x, z, k). The
signal samples are extracted, using 2-D spline interpolation, along a user-deﬁned
straight line following the direction of the ﬂow, as shown in Fig. 2.4. The data are
further processed using a previously published method, velocity matched spectrum [7],
to obtain a velocity spectrum.
The signal is processed in two steps:
1. Generating the M-mode Matrix:
Data samples are selected along a straight line in space for all k. For a speciﬁc
beam-to-ﬂow angle, θ, the signal can be written as
uθ(r, k) = u(r sin θ + x0, r cos θ + z0, k) ,
uIQ,θ(r, k) = uIQ(r sin θ + x0, r cos θ + z0, k) ,
where r is the distance along the straight line from an arbitrary point [x0, z0] on
the line.
2. Generating the velocity spectrum pˆ(v):
Summation is done along straight lines in the M-mode matrix. The slope of each
line corresponds to a particular velocity, and the sum along the line contributes
to the power in one velocity cell in the velocity power spectrum. Since uIQ is
complex demodulated, a phase correction factor must be included to account
for the axial motion. A sliding-window approach is applied in the slow-time
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where w is the window function with length N and deﬁned for k ∈ [−N/2, N/2],
v is a velocity, r0 and k0 are the center positions in range and time, ωd is the
angular demodulation frequency, and T is the pulse repetition time.


















when the data are taken from a single point r0 in space, and ω0 is the received center
frequency.
2.2.2 Signal Model
The method was investigated by simulating the expected Doppler power spectra using
an extended version of the signal model presented in [13] and [7]. The following
derivations will add thermal noise, clutter ﬁltering, and tracking of the scatterers
between parallel beams to the model. When deriving the expressions for the expected
Doppler power spectra, it is convenient to use the complex pre-envelope of the received
signal, but the same calculations apply to the IQ signal.
The constructed complex pre-envelope signal, s(x, z, k), is sampled along a line
with angle θ, with respect to the z-axis. This can be described as a multiplication of
the signal with a delta function:
sθ(r, k) = s(x, z, k) · δ(z − x tan θ) ,
where r is a continuous variable. The signal can be characterized by its autocorrelation
function, deﬁned as
Rsθ (ρ,m) ≡ 〈s∗θ(r, k)sθ(r + ρ, k +m)〉 ,
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where ρ and m are lags along the oblique line and in slow time, respectively; ∗ denotes
the complex conjugate; and 〈〉 is the expectation value operator. By including a noise
term, n(r, k), the thermal noise in the signal is accounted for, giving a combined signal
sn(r, k) = sθ(r, k) + n(r, k) .
and its autocorrelation function
Rsn(ρ,m) = Rsθ (ρ,m) +N0δ(ρ)δ(m) , (2.1)
where N0 is the noise power.
Clutter ﬁltering is done in slow time, with a high-pass ﬁlter with impulse response
h(k). Band-pass ﬁltering in fast time is done with a ﬁlter b(r) to match the bandwidth
of the sampled signal. The frequency response of b(r) is assumed to be ﬂat over the
signal bandwidth. The ﬁltered signal and its autocorrelation function is given by
sf (r, k) = sn(r, k)⊗r b(r)⊗k h(k) ,
Rsf (ρ,m) = Rsn(ρ,m)⊗ρ b2(ρ)⊗m h2(m) , (2.2)
where ⊗ means convolution and the subscript 2 indicates short notation for the
autocorrelator operator, b2(ρ) = 〈b∗(r)b(r+ρ)〉. Inserting (2.1) into (2.2) and utilizing
that sθ(r, k) and b(r) has the same bandwidth, we get
Rsf (ρ,m) = Rsθ (ρ,m)⊗ρ b2(ρ)⊗m h2(m)
+N0b2(ρ)⊗ρ δ(ρ) ·h2(m)⊗m δ(m)
= Rsθ (ρ,m)⊗m h2(m) +N0b2(ρ) ·h2(m) . (2.3)












· s∗f (r0 + k1vT, k0 + k1)sf (r0 + k2vT, k0 + k2) ,









w2(k)Rsf (kvT, k) , (2.4)
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w2(k)N0b2(kvT )h2(k) . (2.5)
In [13] and [7] it is assumed that we have a zero-mean Gaussian process. If we
also assume that the correlation length in blood is much shorter than the wavelength
[14], the blood random ﬁeld is white. Adding the assumption that the blood ﬁeld
is stationary and has a uniform velocity v0 in the direction θ, the autocorrelation
function can be written in terms of the pulse-echo response, g(r):
Rsθ (ρ,m; v0) = g2(ρ−mv0T ) . (2.6)
By inserting (2.6) into (2.5), we obtain the expected power spectrum for the 2-D
tracking Doppler method:
〈pˆ(v | v0)〉 =
∑
k,n




w2(k)N0b2(kvT )h2(k) . (2.7)
Using the same signal model, but only considering samples originating from a ﬁxed
















where ω0 is the received center frequency. By inserting (2.6) into (2.8), we get
〈pˆconv(v | v0)〉 =
∑
k,n
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The ﬁnal expressions of the expected Doppler power spectra include the
autocorrelation of the pulse-echo response, g2. To calculate g2, the spectral density
function, G(fx, fz), of the received signal must be modeled. This can be done using
the principles of the Fraunhofer approximation, which states that the lateral variation
of the ultrasound ﬁeld at the focal depth can be approximated as the Fourier transform
of the product of the aperture and apodization functions [15]. The Fourier transform
of this ultrasound ﬁeld is thus a scaled version of the aperture and the apodization
function. In fast time, the frequencies are centered on 2f0/c, where f0 is the center
frequency of the received signal [16].
The sampling of the signal along a line with angle θ has been described by a
multiplication of the signal with a delta function, δ(z−x tan θ). In the spatial Fourier
domain this corresponds to a convolution of the spectral density function with another
delta function:
Gθ(fθ) = G(fx, fz)⊗ δ(fz − fx tan(θ + 90◦))
∣∣
(fθ sin θ,fθ cos θ)
,
where Gθ is the spectral density function along the axis fθ which has an angle θ with
respect to the fz axis. As illustrated in Fig. 2.5, the convolution can be described as
a projection of the spectral content of the signal to a line with angle θ which extends
through the origin. Gθ can be found numerically by summing the spectral contribution










where wa is the apodization function, Bx is the bandwidth, and Gz is the spectral
density function along the fz axis.
The Wiener-Khinchin theorem states that the power spectral density of a wide-
sense-stationary random process is the Fourier transform of the corresponding
autocorrelation function [17]. g2 can therefore be found by taking the inverse Fourier
transform of Gθ.
g2 = F−1(Gθ) .
2.3 Experiments
The 2-D tracking Doppler method was tested both in vitro and in vivo, and compared
with a conventional PW Doppler method. Recordings were done using a SonixMDP
ultrasound scanner with a 5-MHz linear probe and a SonixDAQ for channel data
acquisition (Ultrasonix, Richmond, BC, Canada). The acquisition consisted of
continuous plane wave transmissions with a PRF of 4 kHz. The RF channel data was
IQ-demodulated and low-pass ﬁltered to reduce the noise bandwidth, and beamformed
using a Hamming window over the active receive aperture. Details of the acquisition




























Figure 2.5: Diagram of the signal in the Fourier domain. Sampling the signal along
a straight line in space is the same as projecting the signal to a line with the same
angle in the Fourier domain. The beam-to-ﬂow angle is θ, the radial distribution of
frequencies is assumed to be Gaussian, and the lateral distribution is given by the
apodization function, which is a Hamming window.
Conventional PW Doppler spectra were estimated from the same data sets using
the Welch’s method. Estimates from range samples over 2 mm were averaged to reduce
the variance. No range averaging was applied to the signal because the receive ﬁlter
was adapted to the bandwidth of the transmitted pulse. The slow-time window length
was 32 samples for both methods. The tracking length was approximately 1.5 cm for
the 2-D tracking Doppler method. The 2-D tracking Doppler estimates were averaged
in the direction of the ﬂow. The SNR was high both in vitro and in vivo. White
noise was therefore added in the post processing of the data to mimic a more realistic
clinical situation with moderate SNR.
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Table 2.1: Parameters
Acquisition setup Post-processing parameters
Parameter Value Parameter Value
Tx center frequency 5 MHz Tracking length 1.5 cm
Pulse periods 2.5 Window Hamming
PRF 4 kHz Window length 32 samples
F-number 1.4 HP-ﬁlter FIR, order 50
HP-ﬁlter cutoﬀ 32 Hz
PhysioPulse 100
Figure 2.6: The experimental setup. The ﬂow phantom consisted of a tube with
an inner diameter of 6 mm that was coupled to a ﬂow loop. A pulsatile ﬂow was
achieved using the PhysioPulse 100 Flow System. The phantom was ﬁlled with a
blood-mimicking ﬂuid.
2.3.1 In Vitro Recordings
In vitro ﬂow studies give a controlled situation of the ﬂow and are easily repeatable.
Therefore, to investigate the performance of the new method, recordings were done
using a ﬂow phantom representing a carotid artery. The experimental setup is
illustrated in Fig. 2.6. The ﬂow phantom consisted of a silicon tube with an inner
diameter of 6 mm that was coupled to a ﬂow loop. The tube was partly surrounded
by a stiﬀ silicon layer, creating an imaging distance of approximately 2 to 3 cm. A
pulsatile ﬂow was achieved using the PhysioPulse 100 Flow System (Shelley Medical
Image Technologies, London, ON, Canada). The phantom was ﬁlled with a blood-
mimicking ﬂuid that has been tested and described by Ramnarine et al. [18]. The
ﬂuid exhibited characteristics very similar to those of blood, but produced stronger
backscattered echoes. The probe was mechanically tilted to produce beam-to-ﬂow
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Figure 2.7: Simulations of the expected Doppler power spectra. The expected
conventional Doppler power spectra are shown in dashed green curves and the expected
2-D tracking Doppler power spectra are shown in solid blue curves. The spectra in
the left and right panel were simulated with a beam-to-ﬂow angle of 62◦ and 82◦,
respectively. The simulations were done using a constant velocity of 0.82 m/s. The
signal model includes white noise and clutter ﬁltering.
2.3.2 In Vivo Recordings
The method was tested on an in vivo recording of a carotid artery in a healthy
volunteer. The region of interest (ROI) was placed in the common carotid artery,
where the blood ﬂow angle was unidirectional. The beam to ﬂow angle was 70◦.
2.4 Results
The expected 2-D tracking Doppler power spectra and the expected conventional PW
Doppler power spectra were simulated, using (2.7) and (2.9), with a constant velocity
of 0.82 m/s and beam-to-ﬂow angles of 62◦ and 82◦. The results are shown in Fig. 2.7.
They show a noise ﬂoor that is approximately 7 dB lower for the 2-D tracking Doppler
spectrum compared with the conventional PW Doppler spectrum. The simulations
with a beam-to-ﬂow angle of 62◦ show a main lobe resolution at -3 dB of approximately
0.1 m/s for the 2-D tracking Doppler spectrum and 0.4 m/s for the conventional PW
Doppler spectrum. The simulations with a beam-to-ﬂow angle of 82◦ show a main lobe
resolution at -3 dB of approximately 0.2 m/s for the 2-D Tracking Doppler spectrum
and 1.2 m/s for the conventional PW Doppler spectrum.
In Fig. 2.8 the main lobe resolution at -3 dB is plotted with respect to the beam-
to-ﬂow angle. The results show improved velocity resolution for beam-to-ﬂow angles
between 40◦ and 82◦.
Fig. 2.9 shows conventional PW Doppler spectra and 2-D tracking Doppler spectra
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Figure 2.8: The velocity resolution of the simulated Doppler power spectra at -3 dB
for beam-to-ﬂow angles between 40◦ and 82◦. The expected velocity resolution for the
conventional Doppler power spectra is shown in a dashed green curve and the expected
velocity resolution for the 2-D tracking Doppler power spectra is shown in a solid blue
curve. The simulations were done using a constant velocity of 0.82 m/s.
generated from in vitro ultrasound recordings of pulsatile ﬂow in a straight tube.
Usually, the spectral Doppler display is limited to a range of twice the Nyquist velocity
with an adjustable baseline. We have included a velocity span of ± two times the
Nyquist velocity to capture the aliased velocity waveforms and show the ability to
resolve aliasing. In the upper panel spectra the beam-to-ﬂow angle is 62◦. For this
beam-to-ﬂow angle, two velocity waveforms are observed in each spectrum, but the
true velocity waveform stands out more clearly in the display for the 2-D tracking
Doppler method than for the conventional method. For the largest velocities in the
true velocity waveforms, an approximately 4-fold decrease in the spectral broadening
can be observed in the 2-D tracking Doppler spectrum compared with the conventional
PW Doppler spectrum. A ripple eﬀect in the velocity waveform can be observed in
the 2-D tracking Doppler spectrum. These oscillations indicate that the ﬂow pump
was not running evenly. Because of the spectral broadening, they are not visible in the
conventional approach. In the lower panel spectra, the beam-to-ﬂow angle was 82◦.
For this beam-to-ﬂow angle, the velocities in the conventional PW Doppler spectrum
are signiﬁcantly smeared, whereas the velocities in the 2-D tracking Doppler spectrum
can still be resolved.
In Fig. 2.10, velocity spectra generated by the 2-D tracking Doppler method
and the conventional PW Doppler method are compared with their corresponding
simulated velocity spectra. The spectra were generated from a part of the in vitro
data set containing an approximately constant velocity of 0.82 m/s. The beam-to-ﬂow
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Figure 2.9: Doppler spectra generated from in vitro recordings of pulsatile ﬂow in a
straight tube. The spectra were generated using a conventional PW Doppler method
and the 2-D tracking Doppler method. The dynamic range in decibels is given by the
colorbar. The large beam-to-ﬂow angles gave excessive spectral broadening for the
highest velocities in the spectra generated by the conventional method. For the 2-D
tracking Doppler spectra, the spectral broadening has been reduced.
The simulated velocity spectra were generated using (2.7) and (2.9) and by inserting
the same parameters used in the in vitro experiment.
Fig. 2.11 shows a conventional PW Doppler spectrum and a 2-D tracking Doppler
spectrum generated from an in vivo ultrasound recording from the carotid artery of a
healthy volunteer. The beam-to-ﬂow angle was 70◦. An increased velocity resolution
can be observed in the 2-D tracking Doppler spectrum compared with the conventional
PW Doppler spectrum, indicating that the method is applicable for in vivo imaging.
The two white vertical lines in Fig. 2.11 indicate the time instance used
when generating the spectra in Fig. 2.12. The velocity at this time instance
was approximately 0.8 m/s. The spectra in Fig. 2.12 show an increase in SNR
of approximately 5 dB for the 2-D tracking Doppler method compared with the
conventional PW Doppler method. The spectral estimates were averaged in time
using a window of 17 ms.
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Figure 2.10: Doppler power spectra generated by the 2-D tracking Doppler method
and the conventional PW Doppler method. Spectra generated from an in vitro
recording are compared with their corresponding simulated spectra. The ﬂow had
a velocity of 0.82 m/s at an angle of 62◦ compared with the ultrasound beam.
2.5 Discussion
The results show that spectral broadening can be considerably reduced when applying
the 2-D tracking Doppler method compared with a conventional PW Doppler method.
This can be explained by the increased transit time that is achieved when following
the scatterers in space. An increased velocity resolution can be observed in the spectra
generated from both the in vitro and in vivo ultrasound recordings. The simulation
results also show a signiﬁcant increase in velocity resolution for a wide range of beam-
to-ﬂow angles. Similar improvements in velocity resolution have previously been shown
with the proposed technique in [7], but only for small beam-to-ﬂow angles. With the
new technique, the transmitted beam does not have to be aligned with the direction
of the ﬂow, expanding the applicability of the tracking technique.
The 2-D tracking Doppler method is based on a plane wave acquisition. It is
well known that the lack of transmit focusing results in reduced penetration depth.
Reduced penetration can cause low SNR in situations in which the region of interest is
situated at large depths. However, in our experiments the penetration was suﬃciently
high. Also, the properties of the 2-D tracking Doppler method increase the SNR
in the velocity spectra. Flows in cylindrical geometries, such as the straight tube
and the carotid artery, have a constant velocity proﬁle in the direction of the ﬂow.
By selecting data samples from a line in the middle of the cylinder, the scatterers
have approximately equal velocity. The signal will therefore match in both phase and
amplitude when summed in the 2-D tracking Doppler algorithm. This results in a
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Figure 2.11: Doppler spectra generated from an in vivo recording of a carotid
artery. The spectra were generated by a conventional PW Doppler method and the
2-D tracking Doppler method. The dynamic range in decibels is given by the color
bar. The angle between the ﬂow and the ultrasound beam was 70◦, giving excessive
spectral broadening for the highest velocities in the conventional spectrum. In the 2-D
tracking Doppler spectrum the spectral broadening has been reduced.
spectra, which is evident in both the in vitro and in vivo results.
Simulations of the expected Doppler power spectra were performed using an
extended version of the signal model used in [7]. The model included thermal noise and
clutter ﬁltering. Out-of-plane movement was not taken into account. The simulated
spectra therefore describe an ideal situation where the ﬂow direction is in the imaging
plane and the beam-to-ﬂow angle is measured precisely. Any out-of-plane movement
or incorrect positioning of the tracking line would broaden the main lobe in the
power spectrum. However, the simulated spectra corresponded well with the spectra
generated from the in vitro recordings, showing 4 times increase in spectral resolution,
and 7 dB increase in spectral SNR (see Fig. 2.10). This may give new opportunities
in blood ﬂow imaging when it is desired to place the probe in an angle that is not
parallel with the ﬂow.
The 2-D tracking Doppler approach may have several advantages clinically. First,
it may increase quantitative accuracy and reproducibility when tracing the envelope
of the Doppler spectrum, because of the estimation and display of spectra with an
increased accuracy and resolution. This is especially the case for high-velocity blood
ﬂow that we often see in relation to pathology. The 2-D approach to velocity estimation
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Figure 2.12: Doppler spectra generated from the time instance indicated with the
two vertical lines in the in vivo recording in Figure 2.11. The velocity is approximately
0.8 m/s. Both the velocity resolution and the SNR are improved by the 2-D Tracking
Doppler method compared to the conventional PW Doppler method.
also provides opportunities for resolving the ambiguity problem when the maximum
velocity is beyond the Nyquist limit. This has previously been shown for blood ﬂow
direction along the ultrasound beam [7].
The use of parallel receive beamforming allows for PW Doppler based on a 2-
D or 3-D acquisition scheme such as color Doppler imaging. Using this approach,
it is possible to calculate and display multiple simultaneous velocity spectra from
arbitrary spatial positions in the image region. This can be useful when quantifying
valve leakages or vessel stenosis, and the approach may also help to improve workﬂow
when both color-Doppler imaging and PW Doppler measurements are part of the
protocol. The acquisition setup for color Doppler is typically diﬀerent from that of
PW Doppler. For instance, the beam and pulse characteristics are chosen such that
an increased spectral broadening is expected in the calculated sonograms when based
on color Doppler acquisition. The color Doppler setup, on the other hand, is well
suited for tracking purposes (shorter pulses and lower f-number), and by combining
retrospective PW Doppler with the tracking technique it is possible to compensate for
the decreased transit time in a combined acquisition mode.
An important challenge for the 2-D tracking Doppler method to work in practice
is to extract data along the correct trajectory through a 3-D (2-D tracking + time)
data set, following the movement of the blood scatterers. In this work, the trajectory
was determined from a B-mode image of the artery or tube and chosen as a straight
line. This approach may not be suitable for more complex ﬂow ﬁelds. Curved ﬂow
ﬁelds, accelerated ﬂow, and turbulent ﬂow were not considered in this work. To
limit broadening of the velocity spectrum, the ﬂow must be constant for a length
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corresponding to the tracking length. In this work, the tracking length was 1.5 cm,
which could be too long in the aforementioned situations. One solution could be
increasing the PRF, which would decrease the required tracking length. Still, high-
velocity ﬂow ﬁelds that change rapidly in space, such as jet ﬂows, could be a challenge
to estimate accurately. Additionally, steady-state ﬂow conditions are assumed, which
is true for short time intervals (10 ms [19]) similar to the observation time applied in
this work.
2.6 Conclusion
A new method to limit spectral broadening in PW Doppler has been presented. By
sampling the in-plane scatterer movement in the direction of ﬂow, an increased transit
time was achieved. This was feasible without compromising the pulse repetition
frequency by using plane wave transmission and parallel receive beamforming. The
velocity spectra generated by the 2-D tracking Doppler method had signiﬁcantly
reduced spectral broadening compared with spectra generated by a conventional PW
Doppler method. Increased quantitative accuracy and reproducibility when tracing the
envelope of the Doppler spectrum is expected, because of the estimation and display
of spectra with increased accuracy and resolution.
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An important source of error in velocity measurements from conventional
pulsed wave (PW) Doppler is the angle used for velocity calibration. Because
there are great uncertainties and interobserver variability in the methods used
for Doppler angle correction in the clinic today, it is desirable to develop new
and more robust methods.
In this work, we have investigated how a previously presented method, 2-D
tracking Doppler, depends on the tracking angle. A signal model was further
developed to include tracking along any angle, providing velocity spectra
which showed good agreement with both experimental data and simulations.
The full-width at half-maximum (FWHM) bandwidth and the peak value of
predicted power spectra were calculated for varying tracking angles. It was
shown that the spectra have lowest bandwidth and maximum power when
the tracking angle is equal to the beam-to-ﬂow angle. This may facilitate new
techniques for velocity calibration, e.g., by manually adjusting the tracking
angle, while observing the eﬀect on the spectral display. An in vitro study
was performed in which the Doppler angles were predicted by the minimum
FWHM and the maximum power of the 2-D tracking Doppler spectra for 3
diﬀerent ﬂow angles. The estimated Doppler angles had an overall error of
0.24◦ ± 0.75◦ when using the minimum FWHM. With an in vivo example,
it was demonstrated that the 2-D tracking Doppler method is suited for




Blood velocity measurements are essential in cardiovascular diagnostics. Increased
ﬂow velocities or abnormal ﬂow patterns can indicate disease and a possible need for
surgery. Ultrasound imaging is the primary instrument for cardiovascular diagnostics
as the measurements can be done noninvasively and in real-time. High velocity ﬂow
is found, for instance, at stenotic regions. The degree of stenosis is normally assessed
by using pulsed wave (PW) Doppler to estimate the maximum velocities. With
PW Doppler the complete spectrum of velocities are estimated; typically displayed
as a 2-D sonogram with velocity along the y-axis and time along the x-axis. PW
Doppler analysis of the Doppler signal is usually performed using the fast Fourier
transform (FFT) on short data segments in time, acquired from a single sample point
in space. For high velocities and large beam-to-ﬂow angles, the blood will pass rapidly
through the sample volume, resulting in a short observation time and a broadening
of the estimated velocity spectrum. The loss in frequency resolution may give severe
overestimation of blood velocities and a risk of misdiagnosis.
Approaches for increasing the transit time include methods that utilize the full 2-D
Fourier transform of the signal in the fast- and slow-time directions. Reduced spectral
broadening has been shown by several authors [1–4], but only for ﬂow in the axial
direction. In [5] we presented a method called 2-D tracking Doppler, which tracks
the scatterers along the direction of the ﬂow. The method is based on the principles
described in [4], but is adapted for situations with any beam-to-ﬂow angle. By using
plane transmit waves and parallel receive beams, it is possible to have instantaneous
acquisition of multiple image lines in a 2-D region. By tracking the scatterers along the
direction of the ﬂow within this region, the transit time is increased, giving a higher
spectral velocity resolution. The method was in [5] tested both in vitro and in vivo
on a carotid artery of a healthy volunteer. The results showed that the 2-D tracking
Doppler method could be used to increase the velocity resolution in PW Doppler,
especially for large beam-to-ﬂow angles.
In addition to a limited transit time, the greatest source of error in PW Doppler
velocity estimation is the angle used for calibrating the spectra. Conventional Doppler
techniques can only measure the axial component of blood ﬂow. The blood velocity
is estimated by multiplying the measured velocity with an angle correction factor of
1/ cos θ, where θ is the estimated beam-to-ﬂow angle. As the angle correction factor
tends to inﬁnity as θ approaches 90◦, the velocity estimates are very sensitive to
angle estimation errors for large beam-to-ﬂow angles. Therefore, clinical guidelines [6]
discourage the use of Doppler angles above 60◦.
Several techniques have been suggested to overcome the angle dependence in
Doppler ultrasound. Cross-beam vector Doppler has been one of the main approaches
to 2-D ﬂow imaging since the onset of the idea in the 1970s. Using triangulation, the 1-
D velocity estimates from two diﬀerent angles of insonation can be used to reconstruct
a 2-D velocity vector [7]. An alternative dual-beam method has been introduced by
Tortoli and colleagues [8], [9], characterized by the diﬀerent role played by each beam.
One of the beams acts as reference, being devoted to estimate only the ﬂow direction.
Through the inspection of the spectrum from the reference beam, a 90◦ beam-to-ﬂow
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angle is sought. Such spectra, from transverse ﬂow, are expected to be centered on
the zero frequency, and even small deviations from the desired 90◦ orientation cause
noticeable losses of spectral symmetry. However, local secondary ﬂow oscillations,
which are often found at atherosclerotic regions [10], may restrict the applicability of
the method.
Another approach has been described by J. Jensen and colleagues [11], [12], in
which both the velocity magnitude and angle is determined using a crosscorrelation
technique. The angle is found from beamforming directional signals in a number of
directions and then selecting the angle with the highest normalized correlation. This
method has some similarities with the presented method in that minimum spectral
bandwidth corresponds to the maximum correlation. However, it only estimates the
mean velocity, whereas the 2-D tracking Doppler method produces a full Doppler
spectrum display. Mean velocity estimates may have a bias caused by clutter ﬁltering
or spatial averaging and they do not provide the peak velocity, as used in e.g., stenosis
classiﬁcation.
Techniques for Doppler angle estimation based on the transit time spectrum
broadening eﬀect has been presented by several authors [13–18]. Because the Doppler
bandwidth is inversely proportional to the transit time of a scatterer crossing the
ultrasound beam, the Doppler angle can be estimated from the resulting Doppler
bandwidth. Many promising results have been shown in vitro, but the methods have
not yet reached clinical practice.
The 2-D tracking Doppler method generates velocity spectra with increased
velocity resolution, especially at large beam-to-ﬂow angles. In this work, it is
demonstrated that the spectra broaden when the incorrect tracking angle is chosen,
compared with spectra with the correct tracking angle. The angle dependency of the
2-D tracking Doppler method will be investigated using simulations and in vitro and
in vivo experiments. Two methods for velocity calibration are proposed; using the
Doppler angle given by the minimum spectral broadening or the maximum power. In
Section 3.2.1, a brief description of the 2-D tracking Doppler algorithm is given. In
Section 3.2.2, the signal model presented in [5] is extended to include incorrect selection
of the tracking angle. The experimental work is described in Section 3.3. 2-D tracking
Doppler spectra from varying Doppler angles will be presented in Section 3.4, and
compared with a conventional PW Doppler method. In Section 3.5, the results are
discussed.
3.2 Theory
Two spectral Doppler methods have been applied in this work; the 2-D tracking
Doppler method and the more conventional Welch’s method. The 2-D tracking
Doppler algorithm was described in [5], but will also be summarized in Section 3.2.1.
A signal model was presented in [5] where statistically expected 2-D tracking
Doppler spectra were calculated for tracking angles equal to the beam-to-ﬂow angles.
In Section 3.2.2, this model will be extended to include tracking along any angle, which




3.2.1 The 2-D Tracking Doppler Algorithm
The 2-D tracking Doppler algorithm requires simultaneous acquisition of Doppler
signals from a 2-D spatial region. The complex pre-envelope of the received signal
is denoted by u(x, z, k), and the in-phase and quadrature demodulated (IQ) signal is
denoted by uIQ(x, z, k), where x and z are the spatial coordinates in the azimuth and
axial direction, respectively, and k is the slow time index. Post-processing of the data
is performed in two steps:
1. The beamformed signal is resampled along a tracking line, using 2-D spline
interpolation.
2. The resampled data are processed using the velocity matched spectrum
algorithm, ﬁrst presented in [4] and later applied in [5].
For a chosen tracking angle, θ, the resampled signal can be written as
uθ(r, k) = u(r sin θ + x0, r cos θ + z0, k) , (3.1)
uIQ,θ(r, k) = uIQ(r sin θ + x0, r cos θ + z0, k) , (3.2)
where r is the position along the line through the sample volume point [x0, z0]. The
resampled signal as a function of slow-time was described in [5] as an M-mode matrix.
M-mode usually refers to data from one scan line as a function of time (slow time),
but is in this context extended to include any straight line in space and slow time.
The signal from scatterers moving with constant velocity will form straight lines in
the M-mode matrix, where the slope of each line corresponds to a particular velocity.





















cos θ , (3.4)
where v is a velocity, r0 and k0 are the center positions in range and time, ωd is the
angular demodulation frequency, T is the pulse repetition time, and w is a smooth
window function which is zero outside the range k ∈ [−N/2, N/2− 1], where N is the
window length in number of samples. Because uIQ is complex demodulated, a phase
correction factor must be included to account for axial motion.
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Using the same formulation as in (3.3), an expression for a conventional, Fourier-


















where ω0 is the center frequency of the received signal, which may diﬀer slightly from
the demodulation frequency, ωd.
Note that pˆ(v) and pˆconv(v) also are functions of r0 and k. However, these variables
were omitted for clarity.
3.2.2 Signal Model
In [5], the statistical expectation values of the power spectra were calculated for
tracking angles equal to the beam-to-ﬂow angles. We will now extend the model
to include tracking along any angle, by introducing a 2-D point spread function. All
motion is assumed to be in the imaging plane. The calculated statistical expectation
value of the power spectra will henceforth be referred to as the expected velocity
spectra.
The complex pre-envelope of the received signal, s(x, z, k) was in [5] sampled along
an oblique line to produce a signal sθ(r, k). By adding noise with power N0, a clutter
ﬁlter h(k) and a bandpass ﬁlter b(r) a signal corresponding to uθ(r, k) was constructed.








w2(k)N0b2(kvT )h2(k) , (3.6)
where 〈〉 is the expectation value operator, the subscript 2 is a shorthand notation for
the autocorrelator operator, and Rsθ is the autocorrelation of sθ.
In the subsequent formulations in [5], θ = θ0 was assumed, where the beam-to-
tracking angle is denoted θ and the beam-to-ﬂow angle θ0. However, by introducing
the 2-D point spread function, f(r), the signal can be evaluated along any tracking
angle.
If the blood velocity ﬁeld is uniform with velocity v0 at an angle θ0 and the velocity
component in the elevation direction is zero, the autocorrelation of the signal can be
written in terms of the autocorrelation of the point spread function:
Rsθ (ρ,m;v0) = f2(ρeθ −mv0T ) , (3.7)
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v0 = v0 ·eθ0 , (3.8)
where eθ and eθ0 are unit vectors in the θ and θ0 directions respectively. Inserting
(3.7) into (3.6), we obtain the expected power spectrum for the 2-D tracking Doppler
method, given the true velocity v0:
〈pˆθ(v | v0)〉 =
∑
k,n




w2(k)N0b2(kvT )h2(k) , (3.9)
v = v ·eθ (3.10)
The geometry of a situation in which θ 	= θ0 is shown in Fig. 3.1. The velocity
is v0 and the beam-to-ﬂow angle is θ0. By choosing a diﬀerent tracking angle, θ,
the point spread function is evaluated at a distance r = kvT − k v0T from its center.
Assuming an ideal plane wave, where the phase fronts extend in the lateral direction,
the estimated velocity spectrum in direction θ will have maximum power when
v cos θ = v0 cos θ0 = vz . (3.11)
In [5], an expression for the expected power for the conventional PW Doppler
spectra was found by using the same signal model, but only considering samples










Inserting (3.7) into (3.12) we get the expected power spectrum for the conventional
PW Doppler method, given the true velocity v0:
〈pˆconv(v | v0)〉 =
∑
k,n







Velocity spectra were generated by applying the 2-D tracking Doppler algorithm to
data from simulations and in vitro and in vivo recordings. Spectra from one or more
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Figure 3.1: Geometric considerations and explanation of the behavior of the 2-
D tracking Doppler method when the angle of the tracking trajectory is chosen
incorrectly. The diagram shows a point spread function moving from one location
to another in the imaging plane. The beam-to-ﬂow angle is θ0 and the chosen angle
for the tracking trajectory is θ. During k pulse repetition periods, the scatterers move
a distance kv0T from point 1 to point 2. When evaluating the signal along a line
with angle θ, the maximum correlation is found at point 3. Because of the widened
correlation area in the side lobes of the point spread function, the velocity spectrum
will broaden. Underestimations of the traveling distance, and hence underestimations
of the velocity, will be the result for this scenario. The opposite is true for θ > θ0.
tracking angles were generated from a region of interest (ROI). The ROI was chosen as
large as possible while ensuring that the ﬂow inside was moving approximately along
straight lines with uniform velocities. The tracking length, L, was limited by the size of
the ROI for high velocities. For low velocities, L was limited by the temporal window
length, Nw, and given by the formula L = v ·Nw ·PRT , where v is the velocity and
PRT is the pulse repetition time.
For comparison, velocity spectra were also generated by a conventional PWDoppler
method, using (3.13) for the signal model and (3.5) for the in vitro and in vivo
experiments. The same data were used for both spectral estimation techniques, using
only a single sample from the tracking line for the conventional method. The same
temporal window length was used in the two approaches, and no spatial averaging was
performed following any of the two spectral estimation techniques.
3.3.1 Field II Simulations
To validate the new signal model derived in 3.2.2, comparisons were done with the
widely used ultrasound simulation program Field II [19], which utilizes an approximate
form of the time-domain impulse response function. The blood ﬂow was modeled as a
collection of random point scatterers in a simple cylindrical volume with a constant,
uniform velocity of 1 m/s at a beam-to-ﬂow angle of 50◦. The acquisition and post-
53
3.3. Methods
processing parameters were the same as listed in Table 3.1, but with a PRF of 6 kHz.
2-D tracking Doppler spectra were generated by extracting signals from tracking
trajectories angled at 20◦, 50◦ and 70◦ in the cylindrical phantom, and utilizing (3.3)
and (3.5). The resulting spectra were qualitatively compared with spectra obtained
using (3.9) and (3.13).
3.3.2 Application of the Signal Model
2-D tracking Doppler spectra were generated for diﬀerent combinations of the beam-
to-ﬂow angle, θ0, and the tracking angle, θ, using the signal model (3.9) and the
parameters given in Table 3.1. The spectra were plotted and qualitatively compared
with spectra generated from in vitro recordings.
To investigate how the spectral width and the maximum power in the 2-D tracking
Doppler spectra vary with tracking angle, the signal model (3.9) was used to calculate
the expected Doppler power spectra for θ0 = 73
◦ and θ ranging from 65◦ to 77◦. The
full-width at half-maximum (FWHM) of the spectral main lobes were estimated and
compared with the FWHM when θ = θ0, to obtain the relative spectral broadening.
To be able to compare the FWHM value for diﬀerent tracking angles, (3.11) was used
to estimate the axial velocity components, vz, of the ﬂow. The spectral broadening
and the maximum power were visualized as functions of the velocity calibration error,
allowing the bias and sensitivity of angle correction based on either parameter to be
evaluated.
3.3.3 In Vitro Recordings
To investigate the performance of the 2-D tracking Doppler method for arbitrary
tracking angles, recordings were done using a ﬂow phantom for which the correct
beam-to-ﬂow angle was easy to identify. The ﬂow phantom consisted of a silicon tube
with an inner diameter of 6 mm, coupled to a ﬂow loop driven by the PhysioPulse 100
Flow System (Shelley Medical Image Technologies, London, ON, Canada), giving a
slowly pulsating ﬂow. However, only a short time period with approximately constant
ﬂow velocities was used for the recording. The tube was partly surrounded by a stiﬀ
silicon layer, creating an imaging distance of approximately 3.7 cm and a beam-to-
ﬂow angle of 73◦. The phantom was ﬁlled with a blood-mimicking ﬂuid that has been
tested and described by Ramnarine et al. [20].
A longitudinal cross section of the tube was imaged using a SonixMDP ultrasound
scanner with a 5 MHz linear probe and a SonixDAQ for channel data acquisition
(Ultrasonix, Richmond, BC, Canada). The acquisition consisted of continuous
plane wave transmissions and the RF channel data was beamformed and complex
demodulated oﬄine using Matlab (The MathWorks Inc., Natick, MA). The acquisition
setup and post-processing parameters are listed in Table 3.1.
A region of interest (ROI) with center in the middle of the tube was chosen from
a B-mode image. Signals from lines of varying slopes centered in the middle of the
ROI were extracted and processed using the algorithm given in Section 3.2.1. Both
velocity-time spectra and power-velocity plots were used to investigate properties of the
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2-D tracking Doppler method. The power-velocity plots were generated by averaging
spectral estimates from 100 temporal segments of length 120 with an overlap of 119.
3.3.4 Velocity Calibration Analysis
Repeated measurements of in vitro ﬂow were performed using the setup described in
Section 3.3.3, with beam-to-ﬂow angles of 63◦, 73◦ and 83◦. For each measurement,
diﬀerent directions were tracked with an angular step of 0.2◦ for the recordings with
beam-to-ﬂow angles of 63◦ or 73◦, and an angular step of 0.1◦ for the recordings with
a beam-to-ﬂow angle of 83◦. The ﬂow angle was then automatically estimated in two
diﬀerent ways: by minimizing the FWHM, or by maximizing the peak value in the
corresponding 2-D tracking Doppler spectrum. The velocity calibration percentage
errors, epct, of the resulting angles, θ, were calculated using the formula
epct =
1/ cos θ − 1/ cos θ0
1/ cos θ0
· 100 , (3.14)
where θ0 was measured from B-mode images of the tubes. Both methods for velocity
calibration were evaluated by estimating the mean and the standard deviation of 10
independent angle estimates for each of the three beam-to ﬂow angles.
The velocity calibration errors resulting from the minimum FWHM estimates were
plotted and compared with the velocity calibration errors expected when using manual
angle correction, e.g., from the B-mode or color ﬂow image. To illustrate the potential
error which can occur when performing manual angle correction, it was assumed that
the Doppler angle can be estimated within ±3◦.
3.3.5 In Vivo Recordings
The 2-D tracking Doppler method was tested in a patient with a moderate carotid
stenosis. The study was approved by The Regional Committee for Medical and Health
Research Ethics (REC) in Trondheim, Norway. A color ﬂow image of the artery,
recorded with a high-end ultrasound scanner, Vivid E9 (GE Vingmed Ultrasound,
Horten, Norway), is shown in Fig. 3.2. Narrowing of the artery, resulting from plaque
formation, is causing a high-velocity jet to be formed.
Recordings for the 2-D tracking Doppler method were done in the same way as for
the in vitro recordings, using the SonixMDP ultrasound scanner with a SonixDAQ for
channel data acquisition. The region of interest (ROI) was placed in the stenotic part
of the carotid bifurcation. The beam-to-ﬂow angle was estimated, by visual inspection
of color ﬂow images, to be approximately 50◦. However, it may have varied to some
extent during the heart cycle. The acquisition setup and post-processing parameters
are listed in Table 3.1.
The tracking line was probed to ﬁnd the point that maximized the SNR for the














Figure 3.2: A color ﬂow image overlaid on a B-mode image of a carotid artery
with moderate carotid stenosis. The image shows the common carotid artery (CCA)
bifurcation which divides into the external carotid artery (ECA) and the internal
carotid artery (ICA). Plaque formation causes a high velocity jet to be formed, depicted
in orange color in the lower right of the image. The recording was done using a high-
end Vivid E9 ultrasound scanner.
Table 3.1: Parameters
Acquisition setup Post-processing parameters
Parameter Value Parameter In vivo value In vitro value
Tx center frequency 5 MHz Tracking length 1 cm 1.5 cm
Pulse periods 2.5 Window Hamming Hamming
PRF 8 kHz Window length 80 samples 120 samples
F-number 1.4 HP-ﬁlter FIR, order 50 FIR, order 50
HP-ﬁlter cutoﬀ 400 Hz 400 Hz
3.4 Results
3.4.1 Validation of Signal Model
In Fig. 3.3, 2-D tracking Doppler spectra generated from Doppler signals simulated
using Field II, and 2-D tracking Doppler spectra predicted by the signal model are
shown. The results show good agreement between the spectra from the two models.
3.4.2 Investigations of the Tracking Angle Sensitivity
Fig. 3.4 shows relative broadening and maximum power in Doppler power spectra,
predicted using the signal model (3.9). The black line (left y-axis) shows relative
broadening of the 2-D tracking Doppler spectra and the gray dashed line (right y-axis)
shows the maximum power, plotted with respect to the velocity calibration percentage
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Figure 3.3: 2-D tracking Doppler spectra generated for validation of the signal model
(dashed lines) with the Field II software (solid lines).






































Figure 3.4: Relative broadening (solid line) and maximum power (dashed line)
plotted with respect to the velocity calibration error. The FWHM of the spectral
main lobe of predicted velocity spectra were estimated for varying θ and compared
with the FWHM when θ = θ0. The FWHM is at its minimum and the maximum
power is at the maximum when the tracking angle is equal to the beam-to-ﬂow angle.
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Figure 3.5: Velocity spectra generated from an in vitro recording of ﬂow in a straight
tube. The three left spectra are generated using the 2-D tracking Doppler method
with three diﬀerent tracking angles, θ. The rightmost spectrum is generated using
a conventional PW Doppler method. The velocity axes are scaled using the limits
vmin = 0 and vmax = vNyq/ cos θ, to make the spectra comparable for diﬀerent tracking
angles. The dynamic range in decibels is given by the color bar. The white transparent
lines mark the time period used when generating the power-velocity plots in Figs. 3.6
and 3.7(a).
error (3.14). The plot shows that the velocity resolution is highest and the peak power
is largest for θ = θ0.
In Fig. 3.5, velocity spectra generated from an in vitro recording of ﬂow in a
straight tube are shown. The 2-D tracking Doppler spectrum with the correct tracking
trajectory angle (θ = θ0 = 73
◦) seems to provide the highest contrast and velocity
resolution. From this spectrum, it is observed that the ﬂow has a slightly oscillating
character around a center velocity of approximately 0.9 m/s. Broadening of the spectra
is observed when using incorrect tracking angles. This is most evident for the spectrum
with the largest tracking angle.
Figs. 3.6 and 3.7 show power-velocity plots from the in vitro recording, at times
marked with vertical lines in Fig. 3.5, compared to those predicted using (3.9) and
(3.13).
In Fig. 3.6, 2-D tracking Doppler spectra with θ = θ0 = 73
◦ are compared with
conventional PW Doppler spectra. The predicted spectra correspond well to the in
vitro spectra, with some diﬀerences due to estimator variance. In addition to an
improved velocity resolution, due to the more narrow spectral peaks, the 2-D tracking
Doppler spectra have a signal-noise-ratio (SNR) that is about 9 dB higher than the
conventional PW Doppler spectra.
In Fig. 3.7 a), 2-D tracking Doppler spectra generated from the in vitro recording
using three diﬀerent tracking trajectory angles are shown. Fig. 3.7 b), shows the
corresponding velocity spectra predicted by (3.9). To be able to compare the spectra
for diﬀerent tracking angles, equation (3.11) was used to estimate the axial velocity
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Figure 3.6: Velocity spectra generated from the in vitro recording and their
corresponding predicted velocity spectra. Short time periods, marked with white
vertical lines in Fig. 3.5, were averaged when generating the spectra. Only the 2-
D tracking Doppler spectrum with θ = θ0 = 73
◦ and the conventional spectrum are
shown here. An increase in velocity resolution may be observed in the 2-D tracking
Doppler spectra compared with the conventional PW Doppler spectra.
Axial velocity [m/s]





























Figure 3.7: (a) Velocity spectra generated from the in vitro recording and (b) their
corresponding predicted velocity spectra. Short time periods, marked with white
transparent lines in Fig. 3.5, were averaged when generating the in vitro spectra.
Eq. (3.11) was used to estimate the axial velocity component, vz, of the ﬂow. The
highest velocity resolution is found when using the correct tracking angle.
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component, vz, of the ﬂow. The spectra found using the correct tracking angle have
the highest velocity resolution and the maximum power. The spectra with θ = 63◦ and
θ = 80◦ seem to have a spectral leakage towards the low and the high velocity region
respectively. The same trends are found in the predicted spectra as in the in vitro
spectra, although the diﬀerence in maximum power is slightly larger in the predicted
spectra.
3.4.3 Velocity Calibration
In Table 3.2, the mean values and the standard deviations of angle estimates using
the minimum FWHM and the maximum power are given. The results show that
the mean values of the angles estimated by the maximum power are closer to the
angles measured from the B-mode images than the angles estimated by the minimum
FWHM. However, the angles estimated by the minimum FWHM have lower standard
deviations than the angles estimated by the maximum power.
Table 3.2: Results from the Velocity Calibration Analysis
63◦ 73◦ 83◦ Total error
Estimated angle by min.
FWHM (◦)
63.66± 1.05 72.78± 0.68 83.28± 0.35 0.24± 0.75
Velocity calibration er-
ror by min. FWHM (%)
2.46± 3.70 −1.1± 3.85 4.4± 5.61 1.92± 4.74
Estimated angle by max.
power (◦)
62.86± 2.06 73.10± 1.80 83.17± 0.37 0.04± 1.60
Velocity calibration er-
ror by max. power (%)
0.03± 7.07 1.55± 10.06 2.75± 5.63 1.44± 7.81
The circles in Fig. 3.8 give the velocity calibration errors in percent for 30
measurements when using the minimum FWHM for Doppler angle estimation. The
two lines give the estimated maximum velocity calibration errors for the manual angle
correction, given a ±3◦ error in the chosen angle. For the investigated angles, the
measured calibration errors for the 2-D tracking Doppler method are smaller than the
maximum calibration errors for the conventional approach.
3.4.4 In Vivo Imaging
In Fig. 3.9, a conventional PW Doppler spectrum and two 2-D tracking Doppler
spectra generated from an in vivo recording are shown. The recording was done on
a patient with a moderate carotid stenosis. The 2-D tracking Doppler spectrum with
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Figure 3.8: Experimental results using the 2-D tracking Doppler method for
velocity calibration. The circles give the velocity calibration errors in percent for
30 measurements of in vitro ﬂow. The Doppler angles used for velocity calibration
were estimated by using the minimum FWHM of the velocity spectra. The two lines
gives the velocity calibration errors for the manual angle correction, given a ±3◦ error
in the chosen angle.
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Figure 3.9: Velocity spectra generated from an in vivo recording of ﬂow in a carotid
artery at a stenotic region. The left spectrum is generated using a conventional PW
Doppler method. The two rightmost spectra are generated by the 2-D tracking Doppler
method, using tracking angles of 50◦ and 60◦. The velocity axes are scaled using the
limits vmin = 0 and vmax = 2vNyq/ cos θ, to make the spectra comparable for diﬀerent
tracking angles. A higher velocity resolution may be observed in the 2-D tracking
Doppler spectrum with θ = 50◦, compared with the 2-D tracking Doppler spectrum
with θ = 60◦. The dynamic range in decibels is given by the color bar.
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θ = 50◦ has a better velocity resolution than the 2-D tracking doppler spectrum with
θ = 60◦. By visual inspection, an estimate of the maximum velocity was found to
be approximately 1.6 m/s when using the suggested spectral estimation technique,
whereas an estimate of this parameter could not be extracted from the conventional
PW Doppler spectrum.
3.5 Discussion
In this work, we have investigated properties of the 2-D tracking Doppler method when
the tracking direction diﬀers from the ﬂow direction. A motivation for such a study
is estimation of the beam-to-ﬂow angle, which is essential for calibration of velocity
spectra.
The 2-D tracking Doppler method was investigated for varying tracking angles
using simulations, in vitro and in vivo experiments, focusing on situations with high
beam-to-ﬂow angles, where limitations in velocity estimation and calibration are
most evident. It was shown that when applied to the same data, the 2-D tracking
Doppler method reduced spectral broadening and increased the SNR compared with
a conventional spectral estimation technique, and further, that it can give information
about the beam-to-ﬂow angle. The latter is possible because of relative broadening of
the velocity spectrum at erroneous tracking angles.
An erroneous tracking trajectory results in summation of the signal along lines that
extend through the side lobes of the point spread function, causing broadening of the
velocity spectra. Spectral leakage toward the low- and the high-velocity region was
observed for spectra with tracking angles that were too small or too large, respectively.
This asymmetric behavior of the spectra may be due to the side lobes of the point
spread function, because they are not symmetric around point 3 in Fig. 3.1.
The improved velocity resolution in the 2-D tracking Doppler spectra over
conventional spectra is due to the increased transit time, especially at large beam-to-
ﬂow angles. When using a large tracking length in the 2-D tracking Doppler method,
a long transit time is achieved and the transit time broadening is minimal. However,
in complex ﬂow ﬁelds, a shorter tracking distance is more appropriate, because the
presence of velocity gradients will broaden the spectrum. A compromise in the tracking
length must therefore be found. The suitable tracking length for the in vivo test case
was based on apparent uniform ﬂow in the color ﬂow image, which was found to be
approximately 1 cm. A longer tracking length was set for the more uniform in vitro
ﬂow. The temporal window length was reduced for high velocities because of the
tracking distance limitation. Averaging in the ﬂow direction could be done for low
velocities, but at the cost of extra computational time. Because of the greater interest
in high velocities for this examination, this was not deemed necessary.
Conventional power spectral estimation [(3.5) and (3.13)] was used as a reference in
simulations, in vitro and in vivo. The poor spectral resolution of this approach, found
especially in the in vitro comparison, is partly due to the large beam-to-ﬂow angles.
The eﬀect is also enhanced by the short temporal excerpt of the ﬂow, containing
only small oscillations around the highest velocities of a sinusoidal waveform. These
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oscillations were not resolvable by the conventional approach, resulting in a very poor
representation of the power spectrum; however, the sinusoidal waveform would be
recognizable in a longer temporal segment. The quality of the conventional spectra
was also inﬂuenced by acquisition parameters, which were more suited for the tracking
technique than regular spectral estimation. The short pulse length, which is preferable
for tracking, limits the SNR, as will the use of unfocused transmit waves. However,
the latter is required for tracking of lateral ﬂow.
2-D tracking Doppler spectra were calculated for diﬀerent tracking angles by using
an extended version of the signal model applied in [5]. The predicted spectra showed
good agreement with both the in vitro results and the spectra generated from the
Field II simulated signal, although the signal model does not contain any restrictions
on the size of the transmit aperture. An inﬁnitely large plane wave is assumed and
no edge eﬀects are therefore present. Small diﬀerences between the spectra generated
from the Field II simulated signal and the signal model may be observed in Fig. 3.3
because of estimator variance. It is assumed in the model that the blood ﬂow is in
the imaging plane. Presence of out-of-plane ﬂow would shorten the eﬀective tracking
length and, hence, broaden the main lobe of the velocity spectrum.
The in vitro recordings were done on ﬂow in a straight tube, where a near-parabolic
ﬂow proﬁle was expected. The mid-point of the tracking trajectory was placed in the
middle of the tube. An erroneous tracking angle was therefore expected to result
in broadening toward lower velocities in vitro, compared with the spectra predicted
using the signal model, for which an inﬁnitely large blood vessel of uniform velocity
was assumed. However, no signiﬁcant diﬀerence between the in vitro spectra and the
signal model spectra was found. This may be due to the short tracking lengths applied
for the low velocities. Using the in vitro spectra generated with a tracking angle of 63◦
as an example, the radial distance, R, from the center of the tube can be calculated
using the formula R = 0.5 ·Nw/PRF · v · sin (10◦). For v = 0.4 m/s, this corresponds
to a distance of 0.5 mm, which is much less than the tube radius.
Both the minimum FWHM and the maximum power of the spectra were
investigated as candidates for Doppler angle estimation. Repeated measurements of in
vitro ﬂow were performed and the statistical analysis of the angle estimates (Table 3.2)
showed that both methods could provide reliable estimates of the true ﬂow angle, and
could therefore be used for automatic angle correction of velocity spectra. However,
the standard deviations of the velocity calibration errors were found to be larger for
the maximum power method than the minimum FWHM. Also, if the technique is
to be used as a guide for the examiner during an investigation, spectral broadening
is the most attractive candidate because this may be easier to observe than changes
in the SNR. The angles estimated by the minimum FWHM were somewhat biased
for two of the investigated beam-to-ﬂow angles. However, angles measured from B-
mode images were used as a ground truth in the analysis. A possible inaccuracy in
these measurements could explain the calculated bias in the angles estimated by the
minimum FWHM.
In Fig. 3.8 the velocity calibration errors for the minimum spectral broadening
method were compared with the velocity calibration errors for a conventional method.
The results indicated that the 2-D tracking Doppler method gives better velocity
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estimates than the conventional approach for large beam-to-ﬂow angles, because all
the velocity calibration errors for the 2-D tracking Doppler method were smaller than
the velocity calibration errors resulting from a 3◦ erroneous Doppler angle. The
validity of using ±3◦ as a maximum angle error for the conventional approach can
be investigated further in a more comprehensive study. In any case, the maximum
velocity calibration errors of the conventional method increase rapidly for large beam-
to-ﬂow angles, whereas the estimated velocity calibration errors of the 2-D tracking
Doppler method has a standard deviation of less than 6% for all the investigated
angles. The increased robustness of the 2-D tracking Doppler method for large beam-
to-ﬂow angles may facilitate reliable velocity estimation for angles above 60◦. This can
improve blood velocity estimation in regions with near-transversal ﬂow, for instance
in vascular imaging or when imaging the heart from a parasternal view.
The results in Fig. 3.9 indicate that also in vivo, the 2-D tracking Doppler method
gives better velocity resolution than the conventional PW Doppler method. The SNR
is poor in all spectra, but the velocity-time waveform may be easier to delineate in
the 2-D tracking Doppler spectra, because the clutter aliasing is overlapping with the
high velocities in the conventional spectrum. This ability of the tracking technique
to resolve the ambiguity problem, when the maximum velocity is beyond the Nyquist
limit, has earlier been shown for blood ﬂow in the axial direction [4]. The SNR is
somewhat better in the conventional PW Doppler spectrum than in the 2-D tracking
Doppler spectrum. This may be due to out-of-plane motion, because the sample point
for the conventional PW Doppler method was placed near the source of the jet, and
not in the middle of the tracking line. The 2-D tracking Doppler spectrum in Fig.
3.9 with θ = 50◦ has a better velocity resolution than the other spectra. In the 2-D
tracking Doppler spectrum with θ = 60◦ the high velocities are blurred, suggesting
that the tracking angle is incorrect.
Further studies will include a more comprehensive patient study for evaluation
of the 2-D tracking Doppler method, with respect to both spectral estimation and
calibration. As a ground truth for the beam-to-ﬂow angle, the results could be
compared with vector Doppler or speckle tracking estimates. A challenge in vivo is
that spatial velocity gradients are expected to broaden the spectra, which may reduce
the angle sensitivity of the technique. Also, the ﬂow direction may vary through the
heart cycle, and in regions of complex ﬂow the accuracy of the angle estimation may
be limited. However, in many applications the primary interest is the quantiﬁcation of
high velocity ﬂow, for instance in cases of valvular insuﬃciency or in stenotic regions
where ﬂow of less complexity can be found, e.g., in the laminar vena contracta of
the jet. In these situations, the 2-D tracking Doppler technique should be applicable,
and might provide angle-corrected velocity spectra with signiﬁcantly higher spectral
resolution than the conventional approach.
3.6 Conclusion
We have investigated how the 2-D tracking Doppler method depends on the tracking
angle. The results showed that the 2-D tracking Doppler method can provide PW
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Doppler spectra with improved velocity resolution at large beam-to-ﬂow angles, in
addition to information about the Doppler angle. Using a signal model, it was shown
that the spectra have lowest bandwidth and maximum power when the tracking angle
is equal to the beam-to-ﬂow angle. New techniques for velocity calibration were tested
in vitro, showing improved performance for large beam-to-ﬂow angles compared with
a conventional technique. With an in vivo example, it was demonstrated that the
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Delayed decision to replace or repair a defective mitral valve may lead
to worsening ventricular function. A correct diagnosis of the severity of
the regurgitation that results from a defective mitral valve is therefore
important. This work takes advantage of the latest developments of
ultrasound matrix probes and modern acquisition with many parallel beams to
develop a Doppler-based method for a semi-quantitative evaluation of mitral
regurgitation.
By using parallel beamforming, several beams from closely-spaced regions can
be acquired simultaneously. Velocity spectra from all these regions can then
be generated. The idea behind the proposed method is to combine velocity
spectra from all the beams into one composite velocity spectrum and add
information about the size of a potential regurgitant jet to the spectrum.
This is achieved by color coding the composite velocity spectrum with colors
representing the number of beams intersecting with the jet.
Ultrasound data produced from simulations of ﬂow in straight tubes were
used to evaluate the method. The colored spectra were successful in giving
information about the approximate size of the tubes. A colored spectrum
generated from an in vivo ultrasound recording of a regurgitant jet is also




Mitral regurgitation (MR) is one of the most common valve defects. In fact, it has
been observed that a small degree of physiological MR can be detected on Doppler
echocardiography in up to 80% of all Americans [1]. MR can add a signiﬁcant load
to the heart and can be a life threatening disease. Correct and timely diagnosis is
therefore vital to determine which people are in need of surgery.
Characterization of the severity of regurgitant lesions is among the most diﬃcult
problems in valvular heart disease. Two-dimensional color Doppler jet area
measurements are widely relied on to estimate mitral regurgitation severity. A number
of factors have been reported to inﬂuence the accuracy of these measurements. These
include instrument settings, geometric oriﬁce characteristics, blood viscosity, and jet
properties such as momentum, velocity, pressure gradient, and eccentricity.
Real time 3-D echocardiography is a good tool for evaluating mitral valve diseases
such as stenosis and prolapse [2], but the resolution is not yet good enough for direct
planimetry of the regurgitant oriﬁce.
Another suggestion for quantiﬁcation of MR is the proximal isovelocity surface area
method (PISA) [3], which seems to work well in some studies [4]. It does, however,
underestimate functional MR, and overestimates the regurgitant volume for patients
with prolapse because of non-optimal ﬂow convergence regions. The method also
assumes circular oriﬁces, while the majority of patients have non-circular oriﬁces as
imaged by 3-D color ﬂow [5].
With the recent introduction of commercially available 3D ultrasound scanners, the
ability of ultrasound to deliver real time imaging has been challenged due to the large
amount of data that needs to be acquired for each volume, and it is common to stitch
together data from several heart cycles to obtain good quality images [6]. To speed up
the acquisition of ultrasound data it is common to use parallel receive beamforming
[7, 8]. This means that the transmitted ultrasound beam is conﬁgured to be wide, and
that several beamformers processes the received data to obtain several narrow received
beams in parallel from within the region of the wide transmitted beam. This means
that the acquisition time can be reduced by a factor equaling the number of receive
beamformers, enabling real time 3-D images.
For spectral Doppler, parallel beamforming can be used to add spatial information
to the spectra. It is possible to insonify the whole region using a single, wide
transmitted beam, and just use parallel receive beams to obtain lateral resolution.
Such a conﬁguration can be used for instance when imaging regurgitant jets. With a
single transmit direction it is possible to use continuous acquisition for the Doppler
processing. This will give the same resolution in time as conventional pulsed wave
(PW) Doppler, with the added beneﬁt of the lateral resolution provided by the multiple
receive beams. With a matrix array transducer these receive beams can cover a three
dimensional region in space, enabling the estimation of a Doppler spectrum from each
spatial location.
In this study we have explored the possibilities given by the introduction of 3-D
ultrasound, using parallel receive processing in combination with HPRF Doppler and
continuous acquisition, as described above. We believe that such a combination can
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Parallel receive beams
Blood flowing in a
 straight tube
Figure 4.1: 16 parallel beams were aligned across a tube in the simulation setup,
spanning a total width of 1.7cm. The tube diameter varied from 2mm to 8mm.
be used to obtain enhanced qualitative and quantitative measures of cardiac function,
in particular for evaluation of the severity of regurgitant jets.
4.2 Methods
We have developed a method to semi-quantitatively estimate the size of regurgitant
jets using spectral Doppler and parallel beamforming. Using a plane wave on transmit,
multiple simultaneous velocity spectra are generated from parallel receive beams, and
combined into an enhanced velocity spectrum. This composite velocity spectrum has
colors representing the number of beams intersecting the jet.
The algorithm for determining the color of each velocity bin is based on
thresholding. After generating Doppler frequency spectra by the Welch’s method
[9] the data are normalized, using the maximum power of the spectrum. For each
beam, the velocity bins in the spectrum are then thresholded and given a value of one
or zero. By summing the resulting binary spectra, the velocity bins in the combined
spectrum will consist of values from 0 to the total number of beams. These numbers
are then represented by diﬀerent colors.
Both ultrasound simulations and in vivo recordings were used for development and
testing.
4.2.1 Straight Tube Simulations
To investigate the performance of the method for varying jet sizes, repeated simulations
were performed of blood moving in a straight tube with varying diameter (2-8 mm).
Backscattered ultrasonic signals were generated using the Field II software [10], which
is based on the spatial impulse response estimation as described by Tupholme [11] and
Stephanishen [12]. The blood was modeled as a collection of randomly distributed
point scatterers with normally distributed scattering amplitude. The density of the
scatterers was chosen to assure Gaussian distributed RF-signals. The point scatterers
were moved with a uniform and constant velocity of 4 m/s.
A 2-D phased array transducer model was used for all simulations. The parallel
beams were aligned across the tube, as sketched in Fig. 4.1. The total receive beam
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angle was 10◦, giving a measurement width of 1.75 cm at 10 cm depth. Details
regarding the ultrasound simulation setup can be found in Table 4.1.
Table 4.1: Simulation Setup
Center frequency 2.5 MHz
Pulse periods 5
PRF 20 kHz
Receive focus Az 0.1 m
Parallel beams 16
The power threshold used for deciding which of the beams that intersect with
the ﬂow was chosen to 10 dB below the maximum power. Tube diameters were
calculated using the receive beam spacing multiplied with the number of beams above
the threshold. Performance was evaluated in terms of the ability to qualitatively
distinguish between the diﬀerent tube sizes, by looking at the colors of the generated
spectra.
4.2.2 In Vivo Recordings
The method was tested on an in vivo recording of mitral regurgitation for feasibility.
A Vivid E9 (GE Vingmed Ultrasound, Horten, Norway) equipped with a 4V cardiac
probe was modiﬁed to acquire 3-D high pulse repetition frequency Doppler data with
parallel receive beams.
The recordings were done at the vena contracta, just beneath the oriﬁce. One plane
transmit beam and 16 parallel receive beams were used when recording. The region
of interests (ROI) was about 9 x 9 mm. The receive beams had a lateral resolution of
3.6 mm and were equally distributed over the ROI, as sketched in Fig. 4.2.
4.3 Results and Discussion
When imaging the heart for diagnostic purposes the sonographer is used to interpret
velocity spectra and color ﬂow images. By combining characteristics from both of
these image modalities we wanted to develop a method that is easy to employ.
This method adds spatial information to PW Doppler spectra. It gives information
about the size of regurgitant jets, but can also be a tool when searching for the jet
and positioning the probe. By using many parallel beams it is easier to locate the jet,
so the measurement will be easier to perform and less time-consuming.
4.3.1 Straight Tube Simulations
2-D simulations were done of blood moving in a straight tube with a velocity of 4 m/s.
Fig. 4.3 shows 16 velocity spectra that are combined into one color coded velocity
spectrum. The spectra are generated from a simulation of blood ﬂowing in a tube
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Parallel receive beams
Leaking mitral valve
Figure 4.2: 16 parallel beams were equally distributed over the oriﬁce in the in
vivo setup. Spectra from all of these beams were generated and combined to give












































Figure 4.3: Flow in a 2mm in diameter straight tube was simulated and recorded
with 16 parallel beams. Velocity spectra from all the beams (top) were combined into a
composite velocity spectrum (bottom). The colors and the colorbar gives information
about the diameter of the tube.
with a diameter of 2 mm. Only some of the beam’s main lobes intersect with the ﬂow.
Still signal is found in all of the beams due to sidelobes. Thresholding with a value
higher than the noise level is therefore necessary. Fig. 4.4 shows a color spectrum
generated from blood ﬂowing in a tube with a diameter of 8 mm. The colors given in
the colorbars gives the estimated diameters of the tubes.
The color spectra in Figs. 4.3 and 4.4 are colored with several colors even if the
true ﬂow is coherent and ﬁxed in space. This is because of natural variations in the
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Figure 4.4: Color coded velocity spectra from a Field II simulation of blood ﬂow in a
8 mm in diameter straight tube. The colors and the colorbar gives information about
the diameter of the tube. The ﬂow is constant and uniform.
power in the ultrasound data. Still, it is possible to choose the most dominant color
in the spectrum, and thereby get a semi-quantitative measure of the tube size. The
2 mm in diameter tube in Fig. 4.3 is mostly colored blue and thus correctly indicates
that the tube is about 2 mm in diameter. The 8 mm in diameter tube in Fig. 4.4 is
mostly colored green which indicates that the tube is about 7-8 mm in diameter.
4.3.2 In Vivo Recordings
Fig. 4.5 shows a color spectrum that was generated from an in vivo recording of mitral
regurgitation. The velocity spectrum is colored red in the low velocity area and green
or yellow in the high velocity area. This indicates that all the beams receive signals
from slow moving blood during inﬂow, while only about half of the beams receive
signals from the high velocity jet.
The spatial resolution of the beams limits the diﬀerences in jet size that you can
measure. A cardiac probe typically has a lateral resolution of ∼4 mm, which means
that a lot of power is detected in many of the beams adjacent to the jet. Beams that
don’t intersect with the jet can receive some signal through the sidelobes. Surrounding
blood is also pulled along with the jet resulting in a jet that is not well deﬁned. All
these factors make it troublesome to decide a robust threshold. The method should
therefore only be regarded as an approximate measure of the jet size.
4.4 Conclusion
The method was successful in generating velocity spectra that contains information
about the lateral extent of high velocity ﬂow. The spectra give information about the
size of regurgitant jets, in addition to all the information the cardiologist is used to
from a pulsed wave Doppler recording. The thresholding algorithm and the placement
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Figure 4.5: Color coded velocity spectrum from a regurgitant jet in a patient. The
colors represent the number of beams (0 - 16) that intersects with ﬂow of a certain
velocity, and are given in the colorbar. Low velocity ﬂow is colored red which indicates
that slow moving blood is found in all of the parallel beams. The high velocities are
colored blue/green indicating that a smaller number of beams intersects with the high
velocity jet.
of the parallel beams should be optimized in future work. This will be done with the
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The management of patients with valvular regurgitation is highly dependent
on the results from echocardiography examinations. Echo guidelines
recommend the use of quantitative methods when assessing the degree of
regurgitation, but the existing methods are complex and time-consuming.
This work presents and evaluates a new method for estimation of regurgitant
ﬂow volume, using only a single PW Doppler recording. By using a broad
beam on transmit and many parallel beams on receive, both the vena
contracta cross-section and the velocity-time integral may be estimated from
the Doppler recording.
In the proposed method the receive beams are evenly distributed in a plane
across the vena contracta. The received signals are interpolated in space and
velocity spectra from all the interpolated beams are generated. A velocity-
time region that only includes the high velocities of the jet is manually chosen
from an average of the spectra. The cross-sectional area of the vena contracta
is calculated by thresholding the average power in this velocity-time region
for all the interpolated beams. The ﬂow volume is then found by multiplying
the area with the velocity-time integral.
The method was optimized and tested using simulations. A diverging transmit
beam with an opening angle of 6◦ and Tukey apodization was found to be
more suitable than plane wave transmission. Two diﬀerent scenarios were
investigated, where the number of receive beams were restricted to 16 or 64.
Regurgitant ﬂow volumes through circular oriﬁces were accurately estimated
using 64 parallel beams, whereas 16 parallel beams gave poor results. Power
Doppler images were generated to give an indication of area and shape of the





Mitral regurgitation (MR) is one of the most common valvular heart diseases. A
severely regurgitant valve cause volume overload of the left ventricle, dyspnea to
the patient with the development of heart failure and increased mortality. Surgical
treatment may improve symptoms, prevent heart failure, and increase life expectancy.
As a surgical procedure is both expensive and may pose a large risk to many patients,
it is important to be able to separate between the severities of MR. Echocardiography
is the principal imaging method to assess MR severity, but the limited accuracy of the
methods is a signiﬁcant challenge.
It is common to distinct whether MR is caused by abnormalities in the valve
itself (organic MR) or if it is caused by left ventricular LV dilation and dysfunction
(functional MR). Evaluation of both the anatomy of the mitral valve apparatus and
the properties of the regurgitant ﬂow is therefore important when assessing the severity
of regurgitation. Today’s practice for assessing MR severity is to do a series of
measurements using several methods, including gray tone imaging, pulsed wave- (PW),
continuous wave- (CW) and color Doppler imaging. The color Doppler images depends
on several technical factors, such as display settings and the pulse repetition frequency
(PRF), and may cause large interobserver variability.
Several methods have been proposed to improve the robustness of the MR
estimates. One method is the proximal isovelocity surface area method (PISA) [1],
where MR is evaluated by measuring the ﬂow convergence zone proximal to the
regurgitant valve using 2-D color Doppler. A hemispheric shape of the isovelocity
surfaces in the inﬂow region of the regurgitation is assumed, and the size of a
hemisphere, together with its velocity value measured by color Doppler, predicts the
volume ﬂow rate. By also estimating the maximum velocity in the regurgitant jet
from a CW Doppler recording, the eﬀective regurgitant oriﬁce area (EROA) can be
calculated. The regurgitant volume can then be found by multiplying the EROA with
the velocity-time integral, found from the CW Doppler recording.
Other methods have investigated the narrowest part of the jet, called the vena
contracta. The vena contracta represents a direct measure of the EROA and is
independent of ﬂow rate and driving pressure for a ﬁxed vena contracta. Generally,
the vena contracta width is measured using 2-D color Doppler and a circular geometry
is assumed. However, it has been demonstrated that both PISA and vena contracta
area underestimates functional MR. Still, current echo guidelines [2] recommend both
methods as a quantitative measure of MR severity, when feasible.
With the advent of 3-D color Doppler volumetric data acquisition, it has been
possible to provide information about the shape of the regurgitant ﬂow. Asymmetry
in the geometry of both PISA and the vena contracta area in functional MR have been
shown [3, 4], explaining the underestimation of the EROA by the above described
methods. 3-D PISA methods without any geometric assumptions have recently
been developed and tested in vitro and in vivo by several investigators [5–7]. By
directly measuring the area of the isovelocity surface, improved volume estimation
accuracy has been shown, compared to the 2-D methods. However, the shape of
the proximal isovelocity surface may be disturbed by adjacent ﬂow events, such
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as the ﬂow through the left ventricular outﬂow tract. Other recent reports [8–10]
have demonstrated improved accuracy in measures of vena contracta area by using
multiplanar reformatting of the 3-D color Doppler data. Although there are many
promising results, these 3-D color Doppler methods might be limited by variable
display settings, low frame rate and time consuming procedures.
The ﬂow volume of a regurgitant jet can be calculated by multiplying the oriﬁce
area with the velocity-time integral, found by CW Doppler or PW Doppler. CW
Doppler has no depth resolution, but can, for instance, be used to ﬁnd the maximum
velocities along the ultrasound beam. PW Doppler, on the other hand, has depth
resolution, but is limited by the Nyquist frequency. A high pulse repetition frequency
(HPRF) mode can be applied to obtain a higher Nyquist frequency, meaning that
signals from multiple range gates in depth are measured. As the velocity-time integral
is calculated by taking the envelope of the velocity spectrum, errors may be introduced
due to spectral broadening. Another challenge is that the velocities and the area need
to be measured at the exact same location.
Methods for direct quantiﬁcation of the regurgitant ﬂow volume exist, although
none have yet reached clinical practice. In laminar blood ﬂow, such as the vena
contracta, the backscattered power is proportional to the amount of blood passing
through the sample volume [11]. This principle was used by Buck et al. [12], who
measured the ﬂow volume from the power-velocity integral by using a single wide
transmit beam and a narrow beam for calibration. Hergum et al. [13, 14] extended
this principle in the method MULDO, by using the sum of several narrow beams as a
composite measurement beam and selecting one of these as a reference beam. A more
robust estimate was then achieved, but with overestimation of small vena contractas,
and some underestimation of large vena contractas as a result of the stochastic nature
of the Doppler signals.
The ﬂow volume can also be calculated from a color Doppler image by integrating
the velocities over time and area. However, velocity aliasing have previously prevented
the quantiﬁcation of regurgitant jets. A recent study [15] have demonstrated that the
velocities can be dealiased when imaging the laminar ﬂow at the vena contracta.
However, measurements by both color Doppler and continuous wave Doppler are
needed.
We have previously presented a semi-quantitative method for estimation of vena
contracta area [16], using a single transmit beam direction. By combining parallel
receive beamforming with HPRF Doppler and a continuous acquisition, we showed
that information about the size of the regurgitant jet could be added to the PW
Doppler spectrum. Using parallel receive beams, multiple scan lines are acquired for
each transmit event, hence increasing the information received for each transmission.
Spectra from each of the receive beams were generated and combined into one single
spectrum. The spectrum was then color coded with information about the number of
beams intersecting with the jet. A high end scanner (Vivid E9, GE Vingmed, Horten,
Norway) was used to test the method on a patient. The maximum number of receive
beams available on the scanner was 16, which restricted the feasible beam density and
the ﬁeld of view. Although information of the vena contracta area was added, the
color representation was noisy and no information about the shape was given.
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In this work, the method presented in [16] is further developed to produce a more
accurate estimate of the vena contracta area, in addition to information about the vena
contracta shape and a quantitative measure of the regurgitant volume. Simulation
studies are performed to optimize the conﬁgurations of the transmit and receive beams.
In particular we investigate whether the method may be utilized with 16 parallel receive
beams or if more beams are required. In Section 5.2.1 the concept of the new method
is presented. In Section 5.2.2 the simulation methods and parameters are described.
A suggested beam conﬁguration is presented in Section 5.3, together with results from
regurgitant volume estimates of simulated ﬂow.
5.2 Methods
5.2.1 Concept
High pulse repetition frequency PW Doppler signals are acquired from a 2-D plane
crossing the vena contracta, using a broad beam on transmit (Tx) and parallel
beams on receive (Rx). The receive beams are interpolated in space using 2-D spline
interpolation and velocity spectra are generated from each of the interpolated beams.
An average of these spectra is calculated, and used to ﬁnd the velocity-time integral
by delineating the spectrum envelope. The same average is then used to identify
the velocity-time region that only includes the high velocities of the jet. For each
interpolated receive beam, the signal power from the chosen velocity-time region is
averaged, and then displayed in a power Doppler image, visualizing the vena contracta
cross-section. The area of the vena contracta cross-section is found by thresholding the
averaged power in each of the interpolated beams, and by estimating the size of the
area above this threshold. The regurgitant volume is then calculated by multiplying
the velocity-time integral with the estimated vena contracta area.
5.2.2 Simulations of Regurgitant Flow
The method was tested and optimized using simulations based on the Field II
ultrasound simulation software[17] and probe parameters corresponding to the 4V
matrix probe (GE Vingmed, Horten, Norway). The acquisition parameters are listed
in table 5.1.
Using Field II, the pulse-echo response hpe(t, rs, rf ) was calculated for all times t,
scatter positions rs and receive focus positions rf at a depth of 10 cm. The receive
beams were evenly distributed in the azimuth-elevation plane as illustrated in Fig. 5.1.
In-phase and quadrature (IQ) demodulation was performed, resulting in the complex
signal hIQ(t, rs, rf ). Spline interpolation was done in the rf dimension (for all t and
rs), resulting in receive beams on a densely sampled grid in the x-y plane.
The expected power p(rs, rf ) from a scatterer in position rs was calculated by
p(rs, rf ) =
∑
t
|hIQ(t, rs, rf )|2 . (5.1)
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Table 5.1: Simulation Parameters
Parameter Value
Azimuth transducer size 2.05 cm
Elevation transducer size 1.64 cm
Tx center frequency 2 MHz
Pulse periods 5
Tx apodization Tukey window
Rx apodization none















Figure 5.1: Sketch of the heart (left) and the mitral valve (right) with 64 parallel
beams indicated across the valve. In the proposed method, PW Doppler signals are
acquired from a 2-D plane across the vena contracta, using a broad beam on transmit
and parallel beams on receive.
The expected power received in each beam, rf , from a jet covering the positions




p(rs, rf ) . (5.2)
The estimated power could then be displayed in a cross-sectional power Doppler
image, as demonstrated for a moderate regurgitation and 8 x 8 receive beams in Fig.


















   
   
   
 -2
   
   
   
 0
   
   
   
 2
   
   
   
  4
 -4          -2          0          2           4
Azimuth [mm]
 -4          -2          0          2           4
8 x 8 Rx beams 100 x 100 Rx beams
Azimuth [mm]
Figure 5.2: Cross-sectional power Doppler images estimated before (left) and after
(right) spline interpolation of the receive beams. A circular vena contracta with a
diameter of 6 mm centered in the middle of the ROI was simulated.
5.2.3 Flow Volume Estimation
The vena contracta area, AV C , was calculated by thresholding the estimated power in
(5.2) at Pth decibels below the maximum value, and multiplying the number of receive
beams above this threshold with the grid resolution. The regurgitant volume, RgV ,
was found by
RgV = AV C ·LV TI , (5.3)
where LV TI is the velocity time integral. LV TI = 1.5 was used in this work, which
is the median value of the velocity-time integrals of the mitral regurgitations measured
by Skaug et al. in [14], using CW Doppler. Diﬀerent values of Pth was tested, and
the value that gave the most accurate volume estimates for the conﬁguration with 64
receive beams sampled at 0.5 times the Rayleigh criterion was chosen.
The consistency in the volume estimates for diﬀerent jet locations was investigated
by simulating circular vena contractas in the middle of the ROI (in between the receive
beams) or shifted half the beam spacing in azimuth and elevation direction (on a
receive beam). The volume estimation results for both scenarios were plotted in the
same ﬁgure and the intervening area was shaded, indicating the expected variation in
the estimation results for diﬀerent jet locations.
5.2.4 Transmit Beam Optimization
To ensure accurate volume estimates and consistent results for diﬀerent jet locations
and shapes, the transmit beam proﬁle should be approximately uniform in a region
large enough to cover large regurgitations. A simulation study was performed to
calculate the optimal transmit parameters for a 10 cm depth of interest. Both
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unfocused and diverging transmit beams were investigated with varying degree of
transmit apodization. Using Field II, diverging transmit beams were simulated with
opening angles varying from 4◦ to 7◦ with steps of 0.5◦, and with Tukey apodization
windows with taper ratios varying from 0% to 100% through 21 steps in both azimuth
and elevation directions. After averaging the resulting beam proﬁles with a 4x4 mm
ﬁlter, the maximum and minimum spatial intensity was found. The transmit beam
proﬁle with the minimum diﬀerence between the maximum and minimum intensity in
a central area of 1x1 cm was chosen as the beam most suited for the proposed method.
A second simulation study was performed to examine the loss in expected SNR for
the wide transmit beams used in this method, compared to a focused beam as used
in conventional PW Doppler. The spatial peak intensity, Imax, at 10 cm depth was
chosen as a measure of the signal strength and hence, the SNR. Diverging transmit
beams were simulated with opening angles varying from 1◦ to 15◦ with steps of 2◦
and compared with a beam focused at 10 cm. A Tukey window found from the study
above (see Table 5.2) was used as transmit apodization for the diverging beams. The
beam size at 10 cm depth was estimated as the part of the beam with intensity of at
most 4 dB below Imax. Imax of each beam was normalized with Imax of the focused
beam and plotted with respect to the estimated beam size.
5.2.5 Receive Beam Optimization
Two diﬀerent scenarios were investigated where the number of parallel receive beams
were set to 16 or 64. When using 64 receive beams, the beam spacing was set to 0.5,
0.75 or 1 times the Rayleigh criterion, which for a rectangular aperture is given by
dθ = λ/a , (5.4)
where dθ is the beam spacing in radians, λ is the wavelength and a is the aperture size
[18]. The same number of receive beams were used in azimuth and elevation direction.
Using a non-quadratic aperture and constant beam spacing, this resulted in a two-way
beam proﬁle that was wider in the elevation direction.
A minimum width covered by the receive beams was chosen to 1 cm to ensure
full inclusion of large circular regurgitations. In order to keep this ﬁeld of view, the
beam spacing was set to 3.4 mm and 4.2 mm in the azimuth and elevation directions,
respectively, when using 16 receive beams. This corresponds to a beam spacing of
0.9 times the Rayleigh criterion. When using 16 receive beams, both linear and
spline interpolation of the receive beams were tested, as edge eﬀects from the spline
interpolation were expected to distort the cross-sectional power Doppler image.
By summing the power for all rs in (5.2), sensitivity maps for the two-way beam
proﬁles were generated.
5.3 Results
Transmit beam proﬁles for the 4V probe was simulated using Field II. The transmit
parameters that were found to give the most uniform beam proﬁle in a 1x1 cm central
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Figure 5.3: Transmit beam proﬁles at 10 cm depth simulated using Field II with
the 4V probe parameters. The left panel shows an unfocused beam proﬁle. The right
panel shows a proﬁle of a 6◦ diverging beam with apodization. The intensity variations
in the 1x1 cm central area is less than 1 dB.
area at 10 cm depth is given in Table 5.2, and a cross-sectional image of the beam
proﬁle at this depth is shown in the right panel of Fig. 5.3. The intensity variations
in the 1x1 cm central area is less than 1 dB. As a comparison, the left panel shows
the beam proﬁle of an unfocused beam at 10 cm depth. In this case, the power is
separated into two maxima which fall oﬀ quickly in both the azimuth and elevation
directions.
Table 5.2: Optimized Transmit Beam Parameters
Parameter Value
Opening angle of diverging beam 6◦
Azimuth apodization window Tukey, 45%
Elevation apodization window Tukey, 5%
The spatial peak intensity of diverging transmit beams with opening angles of 1◦
to 15◦ are marked with crosses from left to right in Fig. 5.4. The beam size increases
with increasing opening angle, but the peak spatial intensity decreases, indicating a
worsening in SNR for large diverging angles. The peak intensity was found to have an
approximate 1/size dependency, given by the function






where A is the beam size and A0 is the estimated beam size of the focused beam. f(A)
is given by the black line in Fig. 5.4.
86
Chapter 5. Paper 4



















Figure 5.4: Peak spatial intensity (Imax) versus beam size for diverging transmit
beams with varying opening angles at 10 cm depth. The results are compared with
a focused beam; marked in the ﬁgure at 0 decibel. The other black crosses are (from
left to right) diverging beams with angles from 1◦ to 15◦ with steps of 2◦. The red
cross gives the result for a 6◦ diverging beam. The black line indicates the 1/size
dependency of the spatial peak intensity.
The diﬀerent receive beam conﬁgurations were tested by estimating the regurgitant
volumes from circular vena contractas with diameters up to 1 cm. The transmit
parameters applied for all the following results are given in Tables 5.1 and 5.2. The
threshold that gave the most accurate volume estimates for the conﬁguration with 64
receive beams sampled at 0.5 times the Rayleigh criterion was Pth = 3.3 dB. This
threshold was used for all the following regurgitant volume estimates. Two simulations
were performed for each conﬁguration, where the hole was centered on or in-between
the receive beams.
Regurgitant volume estimates using a diverging transmit beam and 16 receive
beams are shown in Fig. 5.5. The vena contractas were restricted to circles with
diameters of less than 6.7 mm, because of the limited ﬁeld of view and the non-centered
vena contractas. The volume estimation results after linear or spline interpolation of
the receive beams are shown in the left panel of Fig. 5.5. In the right panels of
Fig. 5.5, sensitivity maps of the corresponding two-way beam proﬁles are shown. The
volume estimates from the simulations using spline interpolation (red) has a gradient
that better follows the true volume than the simulations using linear interpolation
(green). However, spline interpolation results in a larger estimate distribution.
Regurgitant volume estimation of simulated ﬂow through circular oriﬁces was also
done using 64 receive beams with three diﬀerent receive beam densities. The results
are shown in the left panels of Fig. 5.6. In the right panels of Fig. 5.6, sensitivity maps
of the corresponding two-way beam proﬁles are shown. The results show that with a
beam spacing of 0.5 times the Rayleigh criterion, the volume estimates correlate well
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Figure 5.5: Results from simulations using 16 parallel receive beams interpolated
using linear or spline interpolation. The receive beam density is 0.9 times the Rayleigh
criterion. Estimated regurgitant ﬂow volumes from circular vena contractas are shown
in the left panel and sensitivity maps of the two-way beam proﬁles are shown in the
right panels. The volume estimates from the simulations using spline interpolation
(red) have a large estimate distribution, however with a mean gradient that better
follows the true volume than the simulations using linear interpolation (green).
with the true volume (given by the black line). The volume estimate distribution is
larger and the two-way beam proﬁle is less uniform when the beam spacing is larger.
Fig. 5.7 shows power Doppler images from regurgitations of diﬀerent sizes and
shapes, after interpolation of the receive beams. Vena contracta areas of 13, 28 and
50 mm2 are displayed from left to right, corresponding to mild, moderate and severe
regurgitation. When using 16 parallel beams and a beam spacing of 0.9 times the
Rayleigh criterion, the vena contracta areas are signiﬁcantly overestimated. When
using 64 parallel beams and a beam spacing of 0.5 times the Rayleigh criterion,
the bright area ﬁts well with the true shape (white line), however the images are
less accurate for the moon shaped vena contractas than the circular shaped vena
contractas. The areas for the moon shaped vena contractas were estimated to 19, 32
and 54 mm2 for the mild, moderate and severe regurgitations, respectively.
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Figure 5.6: Results from simulations using an apodized 6◦ diverging beam on
transmit and 64 parallel beams on receive, sampled with three diﬀerent sampling
densities. Estimated regurgitant volumes from circular regurgitant ﬂow are shown in
the left panels and sensitivity maps of the two-way beam proﬁles are shown in the right
panels. Regurgitant volumes up to 118 ml are shown and divided into 4 categories
from mild to severe regurgitation. The red lines shows the estimated regurgitant
volumes when the hole is placed on or in-between the receive beams. The shaded
areas represents possible outcomes for diﬀerent hole positions. The volume estimates
using a sampling density of 0.5 times the Rayleigh criterion, correlates well with the
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Figure 5.7: Cross-sectional power Doppler images of the simulated regurgitations of
diﬀerent sizes and shapes, after interpolation of the receive beams. Vena contracta
areas of 13, 28 and 50 mm2 are displayed from left to right respectively, corresponding
to mild, moderate and severe regurgitation. The white lines indicate the true shape
of the regurgitation. 16 receive beams with a beam spacing of 0.9 times the Rayleigh
criterion are used in the simulations for the top row panels. 64 receive beams with a
beam spacing of 0.5 times the Rayleigh criterion are used in the simulations for the
two lower row panels.
5.4 Discussion
In this work, we have developed a 3-D PW Doppler method for quantiﬁcation of
valvular regurgitation. The method was optimized and evaluated using simulations.
Flow volumes through circular and crescent-shaped oriﬁces of varying sizes were
estimated and cross-sectional power Doppler images were displayed. By applying the
optimized acquisition parameters, the regurgitant volumes were accurately estimated
for a large range of ﬂow volumes.
A transmit beam with a ﬂat intensity proﬁle at 10 cm depth was searched for, to
ensure consistent volume estimates. As seen in the left panel of Fig. 5.3, an unfocused
beam has large intensity variations at this depth. The transmit beam found to have
the least intensity variations in a 1x1 cm central area was a diverging beam with 6◦
opening angle and with transmit apodization. Although the intensity variations of
this beam was shown to be less than 1 dB in the central area, the intensity drops
oﬀ quickly outside this area. Larger opening angles of the diverging beam give larger
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beam sizes. However, as seen in Fig. 5.4, the spatial peak intensity (Imax) is reduced
with increasing beam size. The diverging beam with 6◦ opening angle (red cross in
Fig. 5.4) has an Imax that is 12 dB lower than the focused beam. A larger opening
angle could have been chosen without a substantial loss in SNR. However, because the
6◦ diverging beam had the least intensity variations in the 1x1 cm central area, it was
found best suited for the method.
A beam size of 1x1 cm, as used in this work, will cover large circular oriﬁces.
However, large crescent–shaped oriﬁces may extend over a larger distance, and may
therefore be underestimated with the proposed beam conﬁguration. Also, a large ﬁeld
of view is desired to ease the clinical procedure when the jet is searched for. Therefore,
to ensure robust volume estimates, the acceptable beam size and SNR for the proposed
method should be investigated further in an in vivo study.
It was shown in Figs. 5.5 and 5.6 that when the two-way beam proﬁle has large
intensity variations, diﬀerent locations of the vena contracta result in large variations
in ﬂow volume estimation. Fig. 5.6 also shows that the receive beam density is crucial
to ensure a uniform two-way beam proﬁle. When using 16 receive beams, the beam
spacing was set to 0.9 times the Rayleigh criterion, in order to keep a ﬁeld of view
of minimum 1x1 cm. However, it was found that a beam spacing of 0.5 times the
Rayleigh criterion is advantageous for accurate interpolation of the IQ signal. When
using 64 receive beams and a beam spacing of 0.5 times the Rayleigh criterion, the
volume estimates were accurate and consistent for diﬀerent vena contracta sizes and
locations.
The choice of 16 and 64 parallel receive beams used in this work was based on
the possibilities in the newest high end scanners on the market today. Although the
number of parallel receive beams available in most scanners today are limited, an
increase in parallel beamformers is expected. If a larger ﬁeld of view than used in
this work is considered, an increased number of receive beams is required to ensure a
suﬃcient sampling density.
The proposed method may have several advantages clinically. First, it measures
the regurgitant volume from just one recording, as both the velocity-time integral
and the vena contracta area is found from a single PW Doppler measurement. This
may improve the workﬂow for the examiner, but more importantly; it improves the
accuracy of the estimate as both measures are done at the exact same location.
In contrast to methods like PISA and the vena contracta width, the proposed
method makes no geometric assumptions. Fig. 5.7 shows that the cross-sectional
power Doppler images of the vena contractas ﬁts well with the true shape for both
circular and crescent-shaped vena contractas. The method may therefore provide more
accurate estimates of non-circular oriﬁces and for situations with multiple oriﬁces.
However, the regurgitant volumes estimated in this study were more accurate for the
circular shaped vena contractas than for the crescent-shaped vena contractas. This
may be due to the limited spatial resolution of the ultrasound beam at this depth. This
could be overcome by transesophageal echocardiography, where the probe is located
in close proximity to the heart.
In the 3-D PISA methods, fewer geometric assumptions are made than in the 2-D
methods. However, methods that derive the proximal isovelocity surface area from
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volumetric color Doppler data suﬀer from the fundamental limitation regarding angle
dependence of color Doppler imaging. Unlike the single radial measure in 2-D PISA,
the 3-D method must identify the entire curvature of the isovelocity surface, which
represents a wide range of Doppler angles [19]. The proposed PW Doppler method
gives angle-independent ﬂow volume estimates. Even if the ultrasound beam is at an
angle with the ﬂow, the property of ﬂow continuity ensures that the volume ﬂow rate
can be determined by integrating all the velocity components normal to the imaging
plane, as long as the imaging plane completely intercepts the ﬂow path. This principle
of ﬂow determination has previously been shown for color Doppler imaging [20, 21].
Another major advantage of the proposed method is that it is not aﬀected by
display settings such as gain and tissue priority. The volume estimates are calculated
from a ﬁxed threshold and are therefore nearly observer-independent. However, the
threshold proposed in this study is given by the maximum intensity of the dataset. This
may lead to underestimations of some regurgitations because of statistical ﬂuctuations
of the Doppler signals. A threshold that is independent of the maximum value should
therefore also be considered.
The suggested algorithm for signal processing and volume estimation, given in
5.2.1, is only preliminary and may need to be adjusted after prospective clinical studies.
The suggested method for calculating the velocity-time integral is to trace the envelope
of an averaged spectrum. A more advanced procedure could be considered, where more
of the velocities in the averaged velocity spectrum is used. By weighting the velocities
in the chosen velocity-time region with the corresponding power, and multiplying with
the vena contracta area, possible velocity gradients in the jet could be included in the
calculations.
The cross-sectional power Doppler image may be used for navigation when
searching for the jet. The vena contracta may also be found by examining the PW
Doppler spectrum, as the spectrum is at the narrowest when measured inside the
laminar area of the jet. Having both image modalities displayed at the same time is
therefore advantageous.
When imaging in vivo, a lot of averaging of the signal power is required, because of
the statistical properties of the Doppler signals. Averaging in time may be challenging,
both because the regurgitation may be present only for a limited time, and because
the vena contracta can move slightly from frame to frame due to the transient nature
of a jet and movement of the operator. These challenges were not considered in this
study, but should be investigated further.
In the simulations, the ﬂow was strictly conﬁned inside the vena contracta. In an
in vivo situation, the ﬂow boundaries are less deﬁned, as surrounding blood are pulled
along with the jet. Also, turbulent ﬂow and complex ﬂow patterns may introduce
errors in the estimates. The estimated shape and size of the vena contracta cross-
section are therefore expected to be less accurate in vivo.
92
Chapter 5. Paper 4
5.5 Conclusion
A new method to estimate both the volume and shape of regurgitant ﬂow has
been presented. The method was optimized and evaluated using simulations, and
a transmit-receive beam conﬁguration was proposed. The regurgitant volume from
simulated ﬂow was estimated by thresholding the power in PW Doppler spectra
generated from multiple receive beams. The method was successful in estimating
the regurgitant volume from both circular and crescent-shaped oriﬁces.
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